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Abstract
In western countries, 1% of the population older than 70 years will undergo a
bypass surgery in the lower-limb arteries. Even though this intervention is very
common, failure of this treatment within five years reaches up to 60%. In order
to improve our understanding of the causes of bypass failure, one approach is to
study the local hemodynamics in these vessels, as this factor strongly influences
the initiation and progression of arterial diseases.
This thesis addresses this objective by modeling the patient-specific arterial
hemodynamics. As each patient is characterised by his own physiology and is
treated with a bypass graft of fixed characteristics, each clinical case needs to
be considered individually.
In the first part of our work, blood pressure, velocity and flow rate are
modeled with a one-dimensional model of the arteries and lumped windkessel
models of the secondary and distal vessels. The 18 parameters of this coupled
model are then computed in order to reflect the pathological condition of the
patient. Thanks to the set-up of an experimental protocol of data acquisition,
we have been able to acquire in-vivo measurements of hemodynamics in 25
patients operated with bypass surgery. The comparison of these in-vivo signals
with numerical simulations enabled us to improve and validate our patient-
specific numerical model.
In the second part of this thesis, the dynamic of blood is considered as im-
pulses of waves generated by the contractions of the heart, which propagate
throughout the arterial network. By using the wave intensity analysis, we ana-
lysed and characterised these waves in the pathological arteries of the leg, and
emphasized the effects of the bypass.
ix
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CHAPTER 1
Introduction
In western countries, 1% of the population older than 70 years will need a
lower-limb bypass surgery (Norgren et al., 2007). In Belgium alone, this repre-
sents about 100 interventions a year in each major clinical center (Daenens
et al., 2009; Bosiers et al., 2006; Peeters et al., 2006). Though, while bypass
surgery is one of the most common type of vascular intervention, failure of this
treatment within five years reaches up to 60% (Norgren et al., 2007).
If you were to be diagnosed for a long arterial occlusion in your thigh, the
insertion of a bypass conduit in your leg arteries would allow blood to flow
downwards of this blockage, towards your feet and distal tissues. Without this
revascularization, gangrene or even amputation might be your fate.
Because patients present different levels of pathology and different cha-
racteristics of their treatment (e.g. bypass dimensions and structure), it is
essential to consider a patient-specific approach. Thanks to the development
of medical imaging and data acquisition techniques in a clinical setting, the
patient-specific characterisation has become possible.
Nowadays, it is widely accepted among clinicians that the initiation and
progression of disease in the arteries are strongly influenced by the local hemo-
dynamics. Because the insertion of the bypass graft changes the morphology of
the arterial path in the leg, the local hemodynamics undergoes modifications,
which are furthermore function of the nature of the bypass. The evaluation of
these variations in function of the bypass nature and the patient characteristics
would be a useful indication for the vascular surgeons.
In this work, we intend to study this problem by using one-dimensional
models of the arterial hemodynamics in bypassed legs. Nevertheless, the appli-
cation of the patient-specific approach to this model is not straightforward, in
view of the various degrees of the pathology amongst patients. Parameters of
the model need to be defined and computed in order to represent the observed
pathological hemodynamics.
Thanks to a close collaboration with surgeons and clinicians, a hemody-
namical dataset from patients treated with lower-limb bypass surgery has been
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set up. On basis of these in-vivo data, we investigate the efficiency of patient-
specific simulations of waveforms in the bypassed lower-limb.
In this introductory chapter, the cardiovascular system will be briefly pre-
sented, while emphasis will be put on the description of the pathology of lower-
limb bypasses. Current available techniques for measuring hemodynamics in
pathological arteries are discussed in Section 1.3. An overview on the com-
putational methods for the modeling of the arterial hemodynamics are then
presented. From thereon, the objectives of this work will be stated and the
outline of this thesis will be presented.
1.1 The cardiovascular system
The cardiovascular system of the human body consists of the heart interac-
ting with the systemic and pulmonary vascular systems. While the heart acts
as a pump, the vascular system consists of a dense network of ducts transpor-
ting blood into and from the tissues, organs and muscles of the body. In the
systemic circulation, arteries transport the oxygenated blood from the heart
towards their subdivisions in arterioles and capillaries where the exchange of
nutrients, oxygen, carbon oxide and other solutes takes place through the very
thin capillary wall. Venules collect the desoxygenated blood and progressively
reunite into larger veins. The dense network of veins convey the blood back to
the heart, where it is again oxygenated into the pulmonary circulation.
The heart propels blood around the circulatory system by contraction and
relaxation of the cardiac muscle. During the systolic phase, high-pressure blood
is ejected by the left ventricle through the aortic valve into the main artery, the
aorta. The diastolic phase starts at the closure of the aortic valve and finishes at
its opening at the beginning of the next systole. During the diastolic phase, the
heart does not generate any impulsion into the vascular system. The presence
of these two phases induce the pulsatility of the cardiac waveform.
Because blood in the arterial circulation is transported at a high-blood
pressure, the arterial wall is much thicker than the walls of the venous system,
where blood is transported under much lower pressures. The wall of the large
arteries is composed of three main layers of different structures and cell types:
the internal layer or tunica intima (composed of the endothelial cells), the
middle layer or tunica media (composed of elastic fibers and smooth muscle
cells), and the outer layer or adventitia (elastic and collagenous fibers).
During each heartbeat, the left ventricle ejects on average 70 ml of blood
in the aorta. The created wave propagates into the arteries, from the aorta
towards the distal arterioles, at a finite speed thanks to the elasticity of the
arterial wall (in a rigid tube, the speed would be infinite). The velocity of this
pulse wave (c ' 10 m/s) is much higher than the velocity of blood in the ar-
teries (u ' 1 m/s). While the wave propagates, it can be reflected at arterial
bifurcations or distal networks. The reflected wave travels backwards towards
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the heart and interacts with the forward-propagating pulse, generating an in-
flection point (the dicrotic notch) on the aortic pressure waveform (Fig. 1.1).
Figure 1.1 – Evolution of pressure wave contours with transmission of the wave
from the ascending aorta (top) to the distal circulation (the iliac bifurcation,
bottom) in one patient. The effect of the reflected wave on the pressure wave-
form is emphasized in the second cardiac cycle using dashed lines. From Murgo
et al. (1980).
1.2 The lower-limb bypasses
When atherosclerosis affects a patient, its arterial network suffers from phy-
siological changes due to the deposit of proteins and fat: e.g. increase of the
rigidity of the arterial wall or of its thickness. When not treated, this can lead
to arterial narrowing (i.e. stenosis) or occlusions of the vessel, and as a clinical
consequence to the lack of vascularization of downwards tissues and muscles
(which might result in gangrene). If the stenosis is shorter than 5 cm, the zone
can be treated by balloon angioplasty and stenting. But if the diseased arterial
segment is too long, a bypass remains the main surgical procedure to overcome
the lesion: a new conduit which goes around the arterial occlusion is inserted
in the surrounding tissues, and allows blood flow to bypass the obstruction.
In the arterial circulation, bypass surgery is mostly performed on the coro-
naries arteries around the heart, the cerebral arteries and on the lower-limb
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arteries. This work focuses on the lower-limb bypasses: the occlusion of the su-
perficial femoral artery is bypassed from the femoral to the popliteal or tibial
arteries (Fig. 1.2).
Femoro-popliteal bypasses are one of the most common types of vascular
surgery: 1% of the population older than 70 years will need surgical treatment
because of the occlusion of the native femoral artery. Even though this surgery
is frequently performed, a high failure rate (up to 60%) is still observed within
the five years following the surgery (Norgren et al., 2007).
In this section, we aim at familiarizing the reader with this specific type of
clinical intervention. After a brief reminder of the atherosclerosis disease, i.e.
the pathological cause of occlusion, the main characteristics of bypasses are
presented. Once a bypass surgery is realized, surgeons assess the success of the
bypass by referring to some medical criteria, presented in subsection 1.2.3. The
main causes of failure of bypasses after a few years are finally discussed.
Bypass graft
Common femoral
artery
Deep femoral
artery
Superficial
femoral artery
Popliteal artery
-
-
ff
ff
ff
Figure 1.2 – Bypassed lower-limb arteries. The occlusion of the superficial
femoral artery is treated with femoro-popliteal bypass.
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1.2.1 Atherosclerosis
Atherosclerosis is a widespread cardiovascular disease in our western world:
it is the most common cardiovascular cause of death and disability (Nichols
and O’Rourke, 2005).
Atherosclerosis is primarily an intimal disease of large and medium-sized
arteries. It is characterised by formation of intimal plaques consisting of lipid
accumulation, smooth muscle and inflammatory cells, connective tissue fibers
and calcium deposits (Nichols and O’Rourke, 2005). Its main effects include
arterial narrowing and reduction of blood flow in the downwards tissues. It also
weakens the wall locally, alter endothelial function, vascular tone, cell adhesion
molecules and platelets adhesion.
Risk factors for atherosclerosis include age and male sex, hypertension, hy-
percholesterolemia, cigarette smoking, diabetes, physical inactivity, adiposity
and race (Nichols and O’Rourke, 2005).
1.2.2 Bypass characterisation
In practice, surgeons need to define patient-specific bypass characteristics:
the bypass material and dimensions, the proximal and distal location of the
bypass sutures on the patent arteries (i.e. the anastomoses), and the types of
these anastomoses.
Different types of materials are available when designing the bypass surgery:
either vessels from the human being or synthetic materials.
Among human vessels, surgeons can use arterial or venous homografts,
mammary arteries, but in most cases, they use a vein from the patient when
available in good quality. The greater saphenous vein is generally used as it
offers the best match in size and quality. Other venous tissues including con-
tralateral long saphenous vein, femoral vein or arm vein have also been used.
The vein can be used in a reversed configuration (the vein is extracted from
the tissues, fistulae are ligated and it is reversed in order to allow blood to flow
through the venous valves) or in-situ configuration (the vein remains in the
surrounding tissues, but its valves are removed in order to allow blood to flow
downwards and side branch fistulae are ligated to avoid leakages). Though, no
difference in patency rates have been observed between these two configura-
tions (Norgren et al., 2007).
Grafts in synthetic materials (polyethylene teraphthalate, PET (polyester
or Dacron R©) or polytetrafluorethylene, PTFE (Gore-Tex R©)) are available for
medical practice with a constant diameter (6, 7, 8 mm) (Figs. 1.3, 1.4). Ta-
pered diameter grafts (6-8 mm, 4-8 mm) are currently not used for peripheral
vascular surgery. Depending on the commercial provider, synthetic grafts of-
fer different designs and characteristics. For example, polyester grafts might be
coated with a layer of silver on the surface in order to avoid microbial adhesion.
Others are impregnated with absorbable modified gelatin to reduce the initial
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porosity of the graft. PTFE grafts might also be reinforced with rings on the
external surface. Some models present a cuff at the graft tip in order to enhance
flow at the anastomosis.
In femoro-popliteal bypasses, the proximal anastomosis is located on the
common femoral artery a few cm from the deep femoral arterial junction. The
distal anastomosis is located on the popliteal, anterior or posterior tibial, or
even peroneal artery depending on the patient’s disease. Surgeons usually clas-
sify this distal anastomosis site as above or below-knee position (Fig. 1.5):
medical statistics indicate that this morphological feature seems to be related
to the patency of the bypass graft and to its material (Albers et al., 2003;
Norgren et al., 2007).
At the distal anastomosis, in order to reduce the compliance-mismatch bet-
ween prosthetic graft and native artery, different surgical techniques modify the
anastomosis geometry by using autologous vein cuffs and patches (Fig. 1.6). In-
vitro studies showed that different stagnation points seem to be observed with
different cuff and patch configurations (Noori et al., 1999). Even though, the
benefits associated with the cuffed grafts are controversial. Numerical studies
conclude that aspects of the anastomotic hemodynamics are worsened when a
cuff is employed (Cole et al., 2002).
When surgeons define these patient-specific bypass characteristics, they rely
on morphological images, on the patient’s pain, on medical literature and on
their own experience. Their goal is to maximize the bypass patency in time, i.e.
design a bypass that maintains a sufficient distal arterial run-off as many years
as possible.
1.2.3 Medical criteria of success
One classical clinical approach to evaluate the success of the bypass is to
measure its hemodynamics after surgery. Velocity and blood flow can be easily
measured intraoperatively and postoperatively a few days, weeks and months
after the surgery. These measurements can be compared with medical criteria
established on basis of hemodynamical observations. Four indicators of early
graft failure (3 to 12 months) are presented in the medical literature (Lundell
and Bergqvist, 1993; Stirnemann et al., 1994; Bandyk et al., 1985; Johnson
et al., 2000; Miller et al., 1990):
– a low mean flow in the bypass (Q¯ < 50 ml/min),
– a low peak systolic velocity (PSV < 45 cm/s),
– a low end-diastolic velocity (EDV < 8 cm/s),
– a high peripheral vascular resistance
(PV R > 66 mmHg s ml−1 or 8.8e4 cm−4g s−1).
In practice, the first three indicators can be easily measured by Doppler ultra-
sound. The fourth, the peripheral vascular resistance, can be computed from
pressure and flow measurement but is not used by surgeons in medical practice.
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Figure 1.3 – Examples of synthetic bypasses commercially available.
Top: polyester (Dacron R©). From left to right: Silver graft, Braun /
Impregnated knitted, Braun / Intergard silver ultrathin, Maquet.
Bottom: PTFE (Gore-Tex R©). From left to right: Intering, Gore /
VascuGraft, Braun / Unity, with ring reinforcement, Vascutek.
Figure 1.4 – Distal extremity of a synthetic Gore-Tex graft during bypass
surgery. The native popliteal artery can be seen between clamps.
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Figure 1.5 – Above-knee femoro-popliteal bypass (left) and below-knee femoro-
tibial bypass (right). From Norgren et al. (2007).
Figure 1.6 – Different types of cuffs used at the distal anastomosis. From left
to right: Miller-cuff, Taylor- and Linton-patch. From Noori et al. (1999).
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Studies have pointed out that venous grafts present better patency rates
than prosthetic materials thanks to their ability to develop an endothelium
along their inner wall (Albers et al., 2003; Sottiurai et al., 1983). Indeed, in
grafts constructed with a vein, five-year assisted patency rates reach 60%, while
those constructed with prosthetic material are usually less than 35% (Norgren
et al., 2007). There is no clear evidence of the advantage of one synthetic bypass
material over the other (Roll et al., 2008).
1.2.4 Failure of bypasses
Despite the efforts of clinicians, early-graft failure often happens: the com-
plete obstruction of the bypass within 3 months is not so rare (Rzucidlo et al.,
2002).
One of the most important causes of graft failure is due to the development
of myointimal hyperplasia (MIH) at the anastomosis, especially in the distal
location (Taylor et al., 1987; Sottiurai et al., 1983). This is seen as a cause
of failure in both autogenous and prosthetic bypass grafts. MIH was found
predominantly at the heel of the graft and on the floor of the artery. The
triggers for its formation are injury, circulating blood components, abnormal
hemodynamics or impedance mismatch between the native vessel and the graft
material (Toes, 2002). Three-dimensional modeling studies have also shown
that abnormal hemodynamics may create zones of high or low wall shear stress
that contribute to the development of plaque along the graft wall or at the
distal anastomosis (Leuprecht et al., 2002; Pousset et al., 2006).
When occlusion of the graft occurs, dilatation of the occluded zone can be
realized if treated early. Otherwise, a new bypass surgery might be realized
while the occluded graft remains in the leg. In the worst cases, in patients with
severe arterial disease, amputation of the distal limb might be required.
1.3 Data acquisition in pathological subjects
As previously described, the success of a bypass surgery depends on the
characteristics of the bypass and the patient’s condition. It is therefore impor-
tant to be able to characterise patient-specific information in each lower-limb
bypass.
In this section, we present a brief review of existing current techniques
for the acquisition of in-vivo data in human arteries: i.e. arterial morphology
(diameter D and length L) and hemodynamics (pressure p and velocity u).
Emphasis will be put on the particular application of these techniques to the
pathological arteries of occluded and bypassed lower-limbs.
10 Chapter 1. Introduction
1.3.1 Morphology: lengths and diameter of the vessels
Thanks to the development of medical imaging, clinicians have efficient and
accurate techniques at their disposal to study the morphology of the arterial
network. In the routine of vascular surgery, the occluded and bypassed vascular
network of the patient’s lower-limb are depicted using some of the following
exams.
Magnetic resonance imaging (MRI)
MRI instrument uses powerful magnets to polarize and excite hydrogen
atoms in human cells. The excited atoms emit a detectable signal which is spa-
tially encoded, resulting in images of the body. With injection of contrast agents
to enhance the appearance of blood vessel, MRI produces two-dimensional (2D)
images of slices of the vessels along a defined direction. These images can then
be used in a segmentation process in order to generate a three-dimensional (3D)
geometry of the arterial network. MRI exams are performed on the patient’s
leg a few days before and after surgery in order to depict the lower-limb arterial
network (Fig. 1.7). Lengths of the bypass graft can be measured accurately on
these images. Though, this type of exam is preferably not used for diameter
measurement, because of the limited level of precision of the MRI at our dis-
posal in the Cliniques St-Luc (1.5T Philips, low resolution (0.84 mm/voxel)
applied to small distal arteries (∼3 voxels per diameter)).
Arteriography or angiography
This radiographic imaging technique allows to visualise the lumen of blood
vessels and organs. It is performed by injecting a radio-opaque contrast agent
into the blood vessel while images are recorded using X-ray based techniques.
Fig. 1.8 presents three successive angiography images of the distal anastomosis
of a venous bypass. Peripheral angiography is commonly used to identify vessel
narrowing or occlusions. It is also used during vascular surgery as a tool to
assess qualitatively the success of the bypass grafting.
Computed Tomography scan (CT Scan)
Using X-rays, CT scans produce a large series of 2D images taken around
an axis of rotation (Fig. 1.9, left). With these images, a three-dimensional
reconstruction of the bones and vessels can be performed (Fig. 1.9, right). CT
scan images look similar to MRI but they do not present the same level of
details in the soft tissues. Indeed, MRI has the ability to change the contrast of
the images and therefore highlight different types of tissue. This type of exam
is also not used for diameter measurement, similarly to MRI images. CT scan
images at our disposal present almost the same resolution than MRI images
(0.68 mm/voxel, 4 voxels per vessel diameter).
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Figure 1.7 – MRI images of the lower-limb arterial network of a patient before
(left) and after (right) surgery. The occlusion of the superficial femoral artery
is indicated by a simple arrow. After surgery, the bypass graft (reversed vein)
is marked by a double arrow.
Ultrasound
Ultrasound exams involve the use of high-frequency sound waves which are
reflected on body structures (organs, vessels). By using different types of trans-
ducers, sound waves can be emitted at different tissue depth and within different
tissues.
B-mode ultrasound is used in clinical practice (Philips, Aloka, GE). It
allows to depict a two-dimensional image representing a plane of the human
body. For example, Fig. 1.10 represents a longitudinal view of the common
femoral artery. These static images allow to measure the arterial lumen with a
good level of precision. Combined with Doppler measurements, arterial lumen
detection is enhanced.
M-mode ultrasound allows to measure motion by the emission of successions
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Figure 1.8 – Angiography images of a distal anastomosis of a venous bypass at
three different times. The displacement in time of the contrast agent is clearly
visible.
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Figure 1.9 – Images obtained with CT Scan. Left: 2D image of the legs of a
patient. Note the femoral artery on the healthy left leg and the bypass graft
(in-situ vein) on the right leg. Right: 3D reconstruction from the abdominal
aorta to the left and right iliac arteries (realised with the software DirectView-
V5CR R©, Kodak Carestream).
1.3. Data acquisition in pathological subjects 13
Figure 1.10 – B-mode Doppler ultrasound image of the common femoral artery.
Diameter is measured manually during diastole. Red and blue areas indicate
the zones where flow moves towards and away from the transducer.
of ultrasound pulses and recording of B-mode images. Combined with a high
temporal resolution, this mode allows to measure vessel wall distension wave-
form (D(t)) (Meinders and Hoeks, 2004). Nevertheless, these high-resolution
echotracking devices are not available in clinical practice and are developed for
clinical research usage (Esaote).
1.3.2 Pressure
Blood pressure waveforms in arteries can be measured by the following
invasive and non-invasive techniques.
Catheter-tip pressure manometer
Arterial blood pressure is accurately measured invasively using a pressure
catheter, directly inserted into the artery of interest (Millar, Cordis). The
pressure sensor is mounted at the tip of the cardiovascular catheter, which are
available in different shapes and dimensions (from 0.67 to 2.67 mm external
diameter).
Pressure guide wire
Pressure guide wires allow to measure high-fidelity pulsatile pressure in
small arteries (Radi, Volcano). The fiber optic pressure sensor is located la-
terally and a few cm from the distal tip of the thin wires (0.014 inch = 0.36 mm
diameter).
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Applanation tonometry
This non-invasive technique uses a large band piezoelectric probe as pressure
transducer (Sphygmocor). This instrument permits accurate registration of
arterial pressure waves (contour and amplitude of the pressure pulse). Though,
it requires scaling by systolic and diastolic values at the same arterial loca-
tion (measured for example with stethoscope and sphygmomanometer). This
method requires to applanate the artery and to compress overlying structures:
it is limited to superficial arteries. Accurate measurements can therefore be
obtained on superficial arteries such as the carotid or radial arteries. Though,
this method is inefficient if applied on deep arteries of the leg or on calcified
and atherosclerosed arteries.
Distension waveforms
An indirect and non-invasive way to measure pressure waveforms is by sca-
ling vessel wall distension waveforms with systolic and diastolic blood pressures,
assuming a linear or exponential pressure-area relationship (Vermeersch et al.,
2008; Meinders and Hoeks, 2004). This method has been applied to healthy
superficial arteries but is currently not developed for distal arteries.
1.3.3 Velocity and flow
The following methods focus on the velocity waveform measurement. The
flow Q is obtained as the product of the velocity and the cross-sectional area
of the conduit (the vessel or the probe).
Doppler ultrasound
Combined with the Doppler measurements, ultrasounds wave emission and
reflection allow to assess if blood cells are moving towards or away from the
probe, as well as the relative velocity of blood flow. The Doppler information is
displayed graphically using spectral Doppler (Fig. 1.11), or as an image using
color Doppler (Fig. 1.10).
Ultrasonic flowmeter
This invasive method uses an ultrasonic probe which measures the ins-
tantaneous blood flow by averaging the difference in measured transit time
between the pulses of ultrasound propagating into and against the direction
of the flow (Transonic). The main disadvantage of this technique is that the
flow probes have a fixed diameter which do not corresponds perfectly to the
arterial diameter.
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Figure 1.11 – B-mode Doppler ultrasound in a bypass vessel with measurement
of the centerline velocity in the central region of the artery delimited by the
two cursors.
Intravascular velocity transducer
This invasive and accurate technique is similar to the pressure guide wire:
the velocity sensor (an ultrasound transducer or electromagnetic flow probe) is
mounted at the tip of the 0.014 inch diameter wire (Volcano). This technique
involves the knowledge of the distribution of the velocity profile across the
artery.
1.4 Arterial hemodynamics modeling
Nowadays, the efficiency of computational models of the human physiology
is not doubted. Either one considers models of the respiratory system, skeletal
solid mechanics or the ocular biomechanics, these mechanical models are able
to reproduce and explain the observed human physiology (Ethier and Simmons,
2007). In the modeling of the cardiovascular system, different aspects can be
considered: the modeling of the heart, of the venous system, or of the arterial
hemodynamics. This work will focus on this last point: modeling of blood flow
in large arteries.
The human arterial system can be mathematically described with diffe-
rent levels of precision. From three-dimensional models (3D) models to lumped
zero-dimensional (0D) models, many applications have taken benefits from the
efficiency of these different models.
The most complex ones, the 3D models, offer great level of details of the
hemodynamic variables inside the arteries. For example, they allow to detail
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blood flow recirculation in an arterial junction (Fig. 1.12, right), or to compute
the friction at the arterial wall (wall shear stress, WSS) (Giordana et al., 2005;
Loth et al., 2008). Though, besides the high computational costs, they require
the definition of a realistic fluid-structure interaction between the blood and the
vessel walls (Crosetto et al., 2011; Hron and Ma´dl´ık, 2007) as well as the set-up
of the 3D geometry of interest, which results for in-vivo geometries of an arterial
section, from a complex segmentation process (Fig. 1.12, left) (Marchandise
et al., 2010).
Figure 1.12 – Left: 3D geometry of the distal anastomosis of a venous bypass.
Right: 3D simulation results (streamlines) in that geometry. See Marchandise
et al. (2010) for further details about the generation of the geometry and the
3D simulation.
If one is interested in the axial distribution and evolution of hemodyna-
mics along the arterial tree, one-dimensional (1D) models provide efficient and
fast-computing results. 1D models of the arterial tree have shown their abi-
lity to capture the main features of pressure and velocity waveforms in large
arteries (Reymond et al., 2009; Sherwin et al., 2003a). Though, as this approxi-
mation considers mean values of the hemodynamic variables across the arterial
section, it requires the simplification of the velocity profile by an average value.
Depending on the hypothesis used to represent the velocity profile (e.g. flat or
Poiseuille velocity profile), an average WSS can be computed. One-dimensional
models of the arterial tree have been widely used for simulating wave propaga-
tion in the entire arterial tree (Stergiopulos et al., 1992; Avolio, 1980; Reymond
et al., 2009; Sherwin et al., 2003a; Olufsen et al., 2000; Mynard and Nithiarasu,
2008) or in part of it (Alastruey et al., 2006; Bessems, 2006; Leguy et al., 2010;
Raines et al., 1974) under physiological or pathological conditions (Alastruey
et al., 2007; Steele et al., 2003; Kolachalama et al., 2008).
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Zero-dimensional models of the circulatory network are based on electrical
analog of a hydraulic description of the system. These models predict blood
pressure and flow in and between compartments representing various parts of
the cardiovascular system. From complex non-linear systems describing the pul-
satile pumping of the heart (Olufsen et al., 2005) to simple windkessel models
of an arterial network (Westerhof et al., 2009), they provide mean values of
hemodynamic variables and require the determination of a number of parame-
ters.
An interesting approach consists of coupling these different models in order
to benefit from their respective advantages. Coupling between 3D, 1D and 0D
models allows for example to study the hemodynamics in arterial section with
great precision using 3D modeling, while waves propagate in the large arteries
of the cardiovascular system using 1D models, and small and distal arterial
networks are described using windkessel models (Urquiza et al., 2006; Blanco
et al., 2009; Nobile, 2009). Another example is the coupling of the 1D model
of the arteries to a lumped model of the heart, in order to provide a realistic
impulsion of waves (Formaggia et al., 2006; Mynard and Nithiarasu, 2008).
In this work, we will consider the coupling between 1D and 0D models. Sim-
ple, efficient and fast-computing, this coupling gives physiological waveforms of
pressure and velocity in different parts of the human body while taking into ac-
count the effect of the distal vasculature. This type of model presents a limited
number of parameters, which can be evaluated on basis of in-vivo data.
1.5 Aim & outline of this thesis
The aim of the present research is to enhance our understanding of the
hemodynamics in bypassed legs, by using numerical modeling of this arte-
rial hemodynamics. Bypasses present high failure rates within 5 years, caused
among others by the development of intimal hyperplasia and vessel occlusion.
As the local hemodynamics greatly influences the initiation and progression of
the disease, it is essential to better understand it if one intends to improve the
long-term patency of lower-limb bypasses.
This work is part of the NHEMO project (which stands for N umerical
HEMOdynamics). The goal of the NHEMO project is to build a predictive,
patient-specific, fast and easy-to-use tool to help surgeons plan the bypass
surgery on basis of commonly used non-invasive medical exams. The NHEMO
tool would provide the surgeon with advices on the best bypass characteristics
as a function of the patient’s pathology.
The main aim of this research consists of studying the one-dimensional
aspect of the wide-ranging NHEMO project. Furthermore, thanks to a close
collaboration with clinicians and surgeons, this research aims at evaluate and
set-up an efficient in-vivo data acquisition protocol, and design a patient-specific
characterisation.
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In particular, this work will focus on the application of the coupled one-
dimensional and zero-dimensional numerical model of the arterial hemody-
namics to the particular configuration of bypassed legs. It will furthermore
consider the patient-specific validation of the model on basis of in-vivo clini-
cal exams. Therefore, let us emphasize here that this validation step does not
address the predictive objective of the NHEMO project. Besides the model va-
lidation, a detailed study of the sensitivity of the model to its parameters will
be conducted.
Also, this research considers the point of view of wave quantification and
propagation through the arteries with the analysis of wave intensity and the
decomposition of waves into reservoir and excess components. Emphasis is put
on the influence of the pathological condition and the insertion of the bypass
graft in the arterial lower-limb network.
This work starts by a thorough description of the arterial in-vivo hemodyna-
mics in bypassed lower-limbs (Chapter 2). In that chapter, the data acquisition
protocol is defined; pressure and velocity waveforms are described, together
with the evaluation of the patient-specific parameters of the model. Chapter 3
describes the mathematical and numerical model used in this work, with em-
phasis on the definition of an improved inlet boundary condition. Validation
and sensitivity analysis of the model are conducted in Chapter 4 on basis of
in-vivo measurements from 9 patients, performed during bypass surgeries. In
Chapter 5, these in-vivo signals are analysed using the wave intensity ana-
lysis approach, and the influence of the pathology on the pattern of waves is
demonstrated. Using the database of in-vivo measurements, Chapter 6 presents
the application of the reservoir-excess theory in the practical application of pa-
thological lower-limbs. Finally, Chapter 7 brings a summary, general discussion
and outlook of this thesis.
CHAPTER 2
In-vivo hemodynamics in bypasses
Since the palpation of the arterial pulse by Galen, a Greek physician who
lived during the second century common era, clinicians have developed nume-
rous methods to characterise and understand the hemodynamics in the human
body. Much efforts have been dedicated to the measurement of pressure since
almost 100 years ago, and to the measurement of flow for the last 60 years. With
time, works based on these measurements have directed attention to different
indicators of cardiovascular disease: e.g. the pulse pressure, the systolic blood
pressure, the wave speed or the arterial wall stiffness. Over the past 30 years,
much interest has also been devoted to the study of contours of pressure and
flow waveforms in human arteries, and to the understanding of the origin and
transmission of these waves to peripheral vessels. This has led to the develop-
ment of new models explaining some of these observations. Let us mention two
major ones: the one-dimensional wave propagation theory and the windkessel
model of the arterial system.
In this chapter, we intend to follow a similar approach: in a first part,
define the in-vivo data acquisition in arteries of bypassed lower-limbs, and
characterise the subjects under study. In a second part, observe and analyse
the hemodynamic waveforms acquired, and explain the origin of the contours
observed. Based on the literature and our observations (25 patients studied
during 4 years), we focus on the description of pressure and velocity contours
in lower-limb arteries in different pathological conditions: healthy subjects, old
and atherosclerosed subjects and subjects with arterial occlusion operated with
bypass surgery. In a third part, we derive some indicators of the disease from
hemodynamical measurements. We discuss and apply different methods for
evaluating arterial properties from in-vivo measurements. We particularly fo-
cus on the vessel wall elasticity and the characterisation of the distal networks
in the arterial leg. This database of parameters is then discussed, compared
with healthy data, and comparison between pre- and post-operative conditions
is performed. Finally, characteristics, performances and patencies of surgeries
analysed during this work are presented.
19
20 Chapter 2. In-vivo hemodynamics in bypasses
2.1 In-vivo data acquisition in pathological
subjects
The characterisation of the patient’s condition and of the bypass is achieved
through measurements of the morphology and hemodynamics. After studying
different alternatives of measuring techniques (cfr the Introduction), we have
elaborated an experimental protocol of data acquisition in close collaboration
with the Cliniques Universitaires St-Luc (UCL, Bruxelles, Belgium). Our choice
is motivated by the efficiency of the application of the technique to the patholo-
gical arteries of the leg, as presented in the first subsection. The post-processing
used to transform the raw data into representative signals over a cardiac cycle
is then described in details. Finally, this section presents the clinical characte-
ristics of the patients considered in this work.
2.1.1 Data acquisition protocol
The following data acquisition protocol has been defined within the frame-
work of the NHEMO project in order to acquire the morphology and hemody-
namics in the lower-limb arteries of our subjects.
The length
The length L of synthetic bypasses is evaluated during surgery as the diffe-
rence between the complete graft length and the excess piece of graft. For the
other types of bypasses, L is acquired on MRI images taken a few days after
surgery.
Within the numerical application, lengths of the arteries correspond to the
distance between the point of measurement and the downstream or upstream
arterial junction (e.g. the common femoral length is measured from the catheter
tip to the proximal anastomosis).
The diameter
The diameter D of arteries and bypass graft is acquired using B-mode
Doppler ultrasound by a skilled operator. The diameter of the lumen of the
artery is manually selected during the diastolic phase, and is considered repre-
sentative of the diameter over the arterial length. Notice that this manual
measurement might be subject to some error and imprecision (e.g. selection
of the intima layer). This technique only allows to measure the mean dias-
tolic diameter D0. Ultrasound measurements are acquired using the Philips
iU22 R© (xMATRIX ultrasound system, Philips, Drachten, The Netherlands).
This device computes the velocity averaged over a region defined by the user
and highlights the maximal velocity at this location.
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The synthetic bypasses are of constant diameter along their length. The
morphology of the venous bypass is described as a nearly constant diameter
vessel, based on MRI images and angiogram exams.
Hemodynamic variables
The pressure p and velocity u are acquired invasively during bypass surgery,
while patients are under anaesthesia. Patients are in a stable hemodynamical
state and no vasodilatory drug is injected at least 30 min before measurements.
For all patients, measurements are performed after the suture of the graft, at
four different locations in the leg: in the proximal common femoral artery (CF),
the proximal deep femoral artery (DF), the proximal bypass graft (BP) and in
the popliteal artery (PO) (Fig. 1.2). For some patients, data is also acquired
before insertion of the graft, with occlusion of the superficial femoral artery.
Measurements are then taken at the same three arterial sites.
Two different acquisition protocols have been used, each patient is analysed
by one of them.
In the first one, pressure profiles are acquired invasively with a pressure
catheter (acquisition frequency facq of 1000 Hz ). Even if the presence of the
needle (0.6 mm diameter) alters the flow pattern, the resulting increase of pres-
sure is limited to a few mmHg (< 5 mmHg for a 0.6 mm needle diameter in
an artery of 3 mm diameter) (Torii et al., 2007). Centerline velocity waveforms
are measured using B-mode Doppler ultrasound. These measurements are not
realized simultaneously, though they present a constant heart rate. Their ac-
quisition frequency is 100 or 250 Hz, depending on the ultrasound device used.
In the second acquisition protocol, pressure and velocity profiles are acquired
invasively and simultaneously using a 0.014 inch diameter guide wire with pres-
sure and velocity sensors both located at the tip of the wire (ComboWire R© and
ComboMap R©, Volcano Corporation, Rancho Cordova, CA, USA). The acqui-
sition frequency of the pressure sensor is 200 Hz, while velocity is acquired at
100 Hz. Combined use of angiography might be necessary to determine precisely
the position of the wire in arteries.
Notice that, due to the configurations of the medical devices in the surgery
rooms, the ECG signal could not be acquired simultaneously to both pressure
and velocity measurements.
Invasive in-vivo data acquisition and local or general anaesthesia may alter
blood hemodynamics. Notice though that this type of data acquisition has been
used and validated in multiple studies (Parker and Jones, 1990; Khir et al.,
2001a; Sun et al., 2000; Penny et al., 2008; Hollander et al., 2001; Koh et al.,
1998).
Because the physiological network is very sensitive to the condition of the
subject, it might be influenced by various external factors such as stress or
medication. Ideally, measurements of the hemodynamics should be performed
while the patient is in a resting state. Nevertheless, small variations of the
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hemodynamical condition (central pressure, vasomotor tone, vasoconstrictor
tone) might be observed in the hemodynamical observations in the following
analysis.
2.1.2 Processing of the information
Signals are post-processed within the Matlab R© programming environment
(MathWorks, Natick, USA).
In order to obtain representative cardiac cycles of the patient’s hemodyna-
mics, ensemble average and filtering is applied to the raw pressure and velocity
signals. Furthermore, the analysis of velocity measured by B-mode Doppler
requires an assumption on the velocity profile.
Ensemble average
As raw signals of pressure and velocity are recorded over at least 5 to 10 car-
diac cycles, ensemble averaging is performed in order to provide representative
pressure and velocity waveforms. Because the cardiac cycle duration might not
be perfectly constant over the sample of data, there is a need for an algorithm
determining the optimal lag between the systolic upstrokes.
As the ECG signal is not recorded simultaneously to pressure and velocity,
the reference signal of the heart can not be used to synchronise the systolic
upstrokes. Following Zambanini et al. (2005), ensemble averaging is performed
by maximizing the cross-correlation coefficient between each waveform using
the first 100 ms of rapid rise in p and u.
Filtering
Ensemble average signals are smoothed using a Savitzky-Golay filter (17-
points third-order), which reduces signal noise with minimal influence on peak
magnitudes (Savitzky and Golay, 1964). This method performs a local polyno-
mial regression on a series of values to determine the smoothed value at each
point. Its main advantage is to act as a filter to smooth the noise fluctuations
without introducing distortion into the recorded data.
Finally, as the frequency of data acquisition differs between pressure and
velocity, signals are discretized at the lowest frequency, the frequency of the
ultrasound measurement.
Velocity profile
The velocity spectrum acquired with Doppler ultrasounds corresponds to
the maximal velocity at the center of the artery. We considered the assumption
of a Poiseuille velocity profile in the arteries; therefore the mean velocity is
computed as the maximal envelope umax divided by 2. In view of the Womersley
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parameter α in the leg arteries, the assumption of a Poiseuille profile is accepta-
ble. The Womersley parameter α expresses the relative importance of inertial
effects over viscous effects: α2 = r2ωρ/µ with r the internal radius of the vessel,
ω = 2pi/T the circular frequency (T the cardiac period), ρ the blood density
and µ the blood dynamic viscosity (Westerhof and Stergiopulos, 2005). For low
values of α (α < 3), the profile becomes parabolic as in Poiseuille flow; while for
large values of α (α > 10), the profile becomes flat. In this study, the average
Womersley parameter is around 3 in the small leg arteries and is in the low
to medium range in the common femoral artery and bypass vessel (Table 2.1),
which confirms that the Poiseuille hypothesis is reasonable.
Notice also that compared to the assumption of a pulsatile Womersley
model, Poiseuille profiles under-estimate the maximum blood volume flow by
19% (Leguy et al., 2009).
CF DF BP PO
α (/) 4.8±0.7 3.2±0.6 3.9±0.9 2.7±0.8
Table 2.1 – Average values ± standard deviation of the Womersley parameter α
in the main vessels of the bypassed leg. Average is performed over the 9 patients
analysed in this study.
Regarding the analysis of the velocity acquired with guide wire, we assume
that the measured signal corresponds to the average velocity accross the artery.
As the velocity is acquired punctually at the wire tip, there is a large uncertainty
about the position of the sensor at the center of the vessel.
2.1.3 Subjects
During the four years of this work, 25 patients in an advanced stage of
atherosclerosis and suffering from occlusion of the superficial femoral artery
have been followed for lower-limb bypass surgery (femoro-popliteal or femoro-
tibial). All patients gave their full agreement for taking part into the study. Nine
of them have been analysed with an efficient data acquisition protocol and are
considered in the following of this analysis. (Patients #14, #15, #16, #19,
#21, #22 analysed with the first protocol and patients #23, #24, #25 with
the second.) Notice that, among the 16 other patients, 13 of them have been
analysed with an inefficient data acquisition protocol (non-similar physiological
conditions for p and u recordings) and 3 of them have been analysed with a
Doppler ultrasound device of poor resolution (facq = 50 Hz ).
In the 9 patients considered, materials used for the bypass are either a
synthetic material of 6 mm diameter (Dacron R©, Gore-Tex R©), or the native
saphenous vein used in-situ. Distal anastomosis is either located above or below
the knee.
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The severity of the peripheral arterial disease is characterised with the ankle-
brachial index (ABI) before surgery. Values of the ABI after surgery are also
given, as an indicator of the success of the surgery. The ABI is computed as the
ratio of the systolic blood pressure at the ankle to the systolic blood pressure
at the arm. Table 2.2 presents the interpretation of the ABI scores (Al-Qaisi
et al., 2009), mean scores of the patients considered are displayed in Table 2.3.
Before surgery, patients presented a severe disease, close to critical ischemia.
After surgery, thanks to the bypass graft, their ABI index increased to a normal
range with moderate disease.
Resting ABI Severity of disease
> 1.4 Calcification
0.81 - 1.4 Normal range
0.5 - 0.8 Moderate disease
< 0.5 Severe disease
< 0.3 Critical ischemia
Table 2.2 – Interpretation of the ankle-brachial index (ABI), from Al-Qaisi
et al. (2009)
The clinical parameters of the subjects are listed in Table 2.3. Morphology
and hemodynamical waveforms of the 9 patients are displayed in Appendix B.
2.2 Waveform analysis
Analysis of waveforms tells the observer many information about the physio-
logical and pathophysiological condition of the organism. At the generation of
waves by the left ventricle, the complete arterial vasculature applies some load
on the heart which influences the blood ejection. While waves propagate in the
arterial network, they interact with the surrounding tissues and the morpho-
logy of the arterial network, creating wave reflection and damping. The shape
of the arterial pressure wave is dependent on a number of factors, including the
duration of systole, the mean arterial pressure, the vasomotor tone, the pulse
wave velocity and wave reflections. Therefore, considering the complexity of the
cardiovascular system, analysis of pressure and velocity contours at an arterial
site of interest is a first clue to understand the medical condition of the subject
considered.
In order to highlight the modifications in hemodynamics induced by the by-
pass surgery in the lower-limbs, we summarize observations from the literature
about hemodynamics in healthy lower-limbs, in old and atherosclerosed subjects
and in subjects with arterial occlusion. The following descriptions are based on
the works of Nichols and O’Rourke (2005); Vlachopoulos and O’Rourke (2000);
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Clinical parameters of the patients:
Gender 6 men, 3 women
Age (year) 72.9 ± 11.0
Heart rate (beats/min) 69.8 ± 14.1
Common Femoral SBP (mmHg) 112.1 ± 24.3
Common Femoral DBP (mmHg) 55.8 ± 9.7
Body Mass Index (kg/m2) 24.1 ± 2.8
ABI before surgery∗ (/) 0.35 ± 0.05
ABI after surgery∗∗ (/) 0.79 ± 0.17
Distal anastomosis 4 BK, 5 AK
Type of bypass graft 5 GT, 2 DA, 2 ISV
Length of AK bypass graft (cm) 35.0 ± 4.1
Length of BK bypass graft (cm) 50.8 ± 6.1
Acquisition protocol 6 (#1), 3 (#2)
Table 2.3 – Clinical characteristics of the 9 pathological subjects of this study
(mean data ± standard deviation). SBP: systolic blood pressure; DBP: diastolic
blood pressure; ABI: Ankle-Brachial Index; AK/BK: Above/Below-Knee; GT:
Gore-Tex, DA: Dacron, ISV: in-situ saphenous vein. Acquisition protocol (#1)
uses catheter and Doppler ultrasound measurements, while protocol (#2) uses
a guide wire. In ABI computation, data available for 5∗ and 8∗∗subjects.
Kelly et al. (1989); O’Rourke and Avolio (1980); Avolio (1980). These studies
only consider the common femoral artery from the lower-limb. Notice that few
information about distal leg arteries, such as the tibials, is available due to their
distal location and difficult access.
2.2.1 Hemodynamics in healthy lower-limb arteries
In healthy lower-limb arteries, the femoral pressure wave presents a single
systolic wave. In comparison with upwind arteries such as the aorta, the peak
pressure is increased, even though the mean pressure falls slightly. Contrary to
the aorta (see Fig. 1.1 in Section 1.1 of the Introduction), the dicrotic notch
is not apparent and the diastolic decay is nearly exponential with a shallow
diastolic wave (Fig. 2.1). Following Murgo’s classification of aortic waves, the
femoral wave corresponds to a wave of type D (Murgo et al., 1980). This type
of pressure waves does not present any inflection point because the reflected
wave arrives early in systole and merges with the incident wave.
As described with Doppler waveform contour in the common femoral artery,
a healthy velocity waveform presents a triphasic contour (Shaalan et al., 2003):
a sharp, narrow and tall systolic upstroke and two or three waveform phases
including an element of reverse diastolic flow (Fig. 2.2). Compared with the
aorta, peak velocity and amplitude of the lower-limb flow are reduced.
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Figure 2.1 – Evolution of femoral pressure wave contours with age. From Kelly
et al. (1989).
Similarly to the ascending aorta, the peak pressure occurs after the peak
flow. Because of the arrival of the reflected pressure waves, the pressure in-
creases furthermore while the velocity wave has reached her systolic peak and
starts to decrease.
2.2.2 Influence of aging and atherosclerosis disease
Age
With aging, the structural components of the arteries change, leading to
alterations in function and geometry of the arteries. Arterial stiffness increases,
which creates increased pulse wave velocity and progressively earlier wave re-
flections. The femoral pressure waveform shows a progressive rise in the sys-
tolic wave; the single diastolic wave becomes less prominent (Kelly et al., 1989)
(Fig. 2.1).
In older subjects, the peripheral and lower body arteries show none of the
diastolic flow fluctuations characteristic of younger subjects. Arterial flow con-
tours come to resemble what is observed in the ascending aorta.
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(a)
(b)
(c)
Figure 2.2 – Examples of tri- (a), bi- (b) and mono-phasic (c) velocity waveforms
measured in the common femoral artery.
Atherosclerosis
As described in Section 1.2 of the Introduction, the most common effect of
atherosclerosis is the narrowing of the arterial lumen, leading to stenosis and
eventually to arterial occlusion. This narrowing causes a reduction of blood
flow supplying the distal tissues. With the development of ischemic symptoms,
pressure pulses may disappear completely. Also, atherosclerosis appears to in-
crease stiffening of major arteries.
It can be considered that the effects of a stenosis on the hemodynamics are
similar, to a lesser extend, to what is observed in occluded arteries, as described
in the following paragraphs.
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2.2.3 Hemodynamics in occluded lower-limb arteries
Proximal to the obstruction
Peripheral arterial obstructions produce little effects on the pressure pulse
proximal to the obstruction. According to Vlachopoulos and O’Rourke (2000),
this is explained by the peripheral nature of the obstruction, the normally
occurring high degree of wave reflection from the peripheral vascular bed and
the presence of the other patent peripheral arteries. Indeed, in the femoral
vascular bed, the arteriolar tone is already high, resulting in a high reflection
coefficient that is increased marginally by arterial obstruction (Nichols and
O’Rourke, 2005).
Pressure measurements performed invasively during bypass surgeries (see
Section 2.1) present similar observations. Proximal to the obstruction, waves
measured before the suture of the bypass show little variations in shape and
intensity with waves measured after the graft suture. This observation takes
into account the possible small fluctuations of the central pressure induced by
the surgery in progress (Fig. 2.3).
The flow contour is markedly altered by arterial obstruction. When the ob-
struction is close, mean flow may be eliminated. When the flow is measured at
some distance upstream of the occlusion, changes in the flow include a fall in
the entire flow wave: reduction of mean flow and creation of backflow, but with
little change in wave contour (Nichols and O’Rourke, 2005). The presence of an
arterial occlusion changes the blood distribution in the arterial network of the
leg. When the main vessel gets occluded, blood travels to the arteries below
the occlusion by perfusion through small collateral arteries. Therefore, the re-
sistance measured above the occlusion increases largely and the flow proximal
to the occlusion decreases in comparison with a non-occluded artery.
In 70 % of the bypasses analysed in this work, we observed that the blood
flow measured in the artery proximal to the occlusion was decreased because
of occlusion, when compared with the flow measured after bypass surgery
(with measurements taken with Doppler ultrasound a few days before and after
surgery).
Distal to the obstruction
Downstream of a short obstruction or stenosis, pressure waves present a
decreased amplitude, with damped contour and damped peak. In the case of
a long arterial occlusion, the pressure drop and damping is enhanced distal to
the occlusion.
Fig. 2.4 presents pressure measurements proximal and distal of a stenosed
superficial femoral artery, before and after treatment (dilatation and sten-
ting) of the artery. Measurements were taken invasively during an arterio-
graphy, using a Volcano guide wire (see Section 2.1). Below the stenosis, the
pressure is strongly reduced, while its intensity remains quite constant above
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Figure 2.3 – Pressure p and velocity u waveforms, proximal (left, common
femoral artery) and distal (right, popliteal artery) to a long arterial occlusion of
the superficial femoral artery. p and u measurements are realized simultaneously
during bypass surgery, in pre-operative (dashed line) and post-operative state
(continuous line).
the stenosis. Notice that, above the stenosis, the pressure is particularly high
(120-200 mmHg); this might be induced by the local anaesthesia or the condi-
tion of the patient (hypertension). During the pre-operative state of a bypass
surgery, a strongly damped pressure waveform, hardly pulsed is observed distal
to the occlusion, in the popliteal artery (Fig. 2.3).
In the presence of arterial stenoses or occlusions, flow waveforms present im-
portant alterations of their contour. In his study, Shaalan et al. (2003) showed
that the distal flow presents an abnormal waveform. Abnormal common femoral
waveform contours includes biphasic or monophasic waveforms. Biphasic wave-
form is characterised by sharp, tall, narrow systolic upstroke but absent re-
verse diastolic flow component, with continuous forward flow during diastole.
A monophasic flow waveform is characterised by blunt, short, widened systolic
upstroke and continuous forward flow during diastole (Fig. 2.2). The damping
of the flow wave also increases with the severity of the disease (Cossman et al.,
1989).
In the presence of a long arterial occlusion, blood flow in the distal arteries
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Figure 2.4 – Pressure proximal and distal to a stenosed superficial femoral
artery, before (dashed line) and after (continuous line) stenting.
does not completely vanish. Blood flow of weak intensity is observed in distal
arteries thanks to blood perfusion through collateral networks (e.g. distal of the
deep femoral artery). Fig. 2.3 illustrates the velocity waveforms in the common
femoral artery during the pre-operative state of a bypass surgery. Proximal
to the occlusion, the velocity presents a biphasic waveform, which becomes
monophasic distally.
2.2.4 Hemodynamics in bypassed lower-limb arteries
The insertion of a graft vessel in order to bypass the long arterial occlusion
influences the waveforms. Whether the bypass graft is made of a synthetic ma-
terial or of a patient’s vein, the stiffness of this new vessel is usually greater than
the stiffness of healthy arteries. As a result, propagating waves are reflected ear-
lier and the pressure waveform presents a single systolic wave without diastolic
fluctuation, similarly to what is observed proximal to an occlusion. Neverthe-
less, thanks to the new conduit, the pressure pulse is not damped anymore in
the distal arteries (Fig. 2.3). Notice though, that a slight decrease of the pres-
sure pulse is sometimes observed distally, probably as a result of the mismatch
compliance induced by the insertion of the graft.
The graft vessel modifies the peripheral arterial network of the leg by redu-
cing the load on the collateral network responsible for blood perfusion. Thanks
to this decrease in resistance, mean blood flow is increased through the upper
leg. The distal run-off flow is also increased: it reaches values at least greater
than 50 ml/min, as required by literature advices for limiting the risk of early
graft failure (Stirnemann et al., 1994). A few days after the bypass surgery, the
flow waves in the upper- and lower-leg present a triphasic contour with reversed
flow and diastolic waves, representative of normal (non-occluded) arteries.
After bypass surgery, the waves observed in the lower-limb do not present
the characteristics of an occluded network anymore, though they still differ
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from waves in healthy leg arteries. See, for example, Fig. 5.2 in Chapter 5:
it presents a comparison of pressure and velocity signals from a healthy sub-
ject and a subject treated with bypass surgery. Because of the increased wall
stiffness, and thus increased velocity of propagation of waves, reflected waves
arrive earlier. The pressure peak is observed earlier in systole and, dislike the
healthy condition, we observe that peak pressure and peak flow occur nearly
simultaneously.
2.2.5 Influence of the data acquisition protocol
Our choice of invasive data acquisition protocol implies that measurements
are taken during surgery, while the patient is under general or local anaesthe-
sia. One known consequence of the anaesthetic drug is vasodilatation (Robin-
son et al., 1997; Chang and Davis, 1993). The effects on pressure and flow
wave contours of arteriolar vasodilatation in a vascular bed have been studied
by intra-arterial injection of acetylcholine (O’Rourke and Taylor, 1966). They
comprise a rise in mean flow, a disappearance of back flow and a change of
inflow wave. The pressure wave shows less diastolic fluctuations (Nichols and
O’Rourke, 2005). These changes are explained by decreased peripheral wave
reflection.
Notice that, in surgical practice, these effects might be emphasized by in-
jection of papaverine in order to further dilate the atherosclerosed vessels.
Comparison of the flow waveforms measured during bypass surgery and a
few days before or after surgery (on an awake and resting patient) illustrate
these observations (Fig. 2.5). The rise in mean velocity and, if we assume a
constant cross-sectional area of the vessel, the rise in mean flow, is apparent on
the measurements realized under anaesthesia, both before and after insertion
of the bypass graft. Also, these waves do not present any back flow, while this
characteristic is present on velocity waveforms measured on the arteries of an
awake and resting patient.
2.3 Patient-specific parameters computation
We have shown in the previous section that the analysis of the pressure and
velocity waveforms is a source of information about the condition of the patient.
Additionnally, by extracting some parameters from the curves, i.e. by describing
the in-vivo curves with some indices, the patient can be further characterised.
One objective of this work is to validate results from a 1D-0D numerical
model of the arterial hemodynamics, that simulates in particular the hemody-
namics of bypassed lower-limbs from a specific patient. The patient-specific cha-
racterisation of the model is achieved through its model parameters, computed
on basis of in-vivo measurements from the subject (e.g. the arterial diameter
and elasticity, the length of arteries). Among those parameters, the vessel wall
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Figure 2.5 – Velocity waveforms in the common femoral artery of a leg without
(left) and with (right) a bypass graft. Comparison between the per-operative
state while the patient is under anaesthesia (PER-PRE/PER-POST, dashed
line), and an awake and resting state a few days before or after surgery
(PRE/POST, continuous line).
elasticity and the resistance and compliance of the distal arterial sub-system
are not directly determined and need further computation. In this section, we
describe different methods and algorithms that approximate their values and
we focus on the influence of the pathological condition of the subjects analy-
sed. We compare results from the different methods considered and interpret
the physiological values.
Let us notice that, while the validation of the numerical model applies to a
post-operative state (once the bypass graft is inserted in the leg), the computa-
tion of the patient-specific parameters can be performed on the pre-operative
condition of the patient as well, as long as in-vivo measurements are available.
2.3.1 Vessel wall elasticity
The elasticity, or stiffness, of the vessel wall is a material property of the
tissue and is described with the elastic Young’s modulus E. If the wall thickness
h is known, E can be computed directly using the pressure-diameter relation
derived from Laplace’s law (Eq. (A.10), Appendix A). With this method, E is
assessed locally. Though this method requires the evaluation of the transmural
pressure as well as a high level of precision in the diameter evaluation during a
cardiac cycle. Another indirect approach consists of measuring the influence of
the wall elasticity on the propagation of a wave in the vessel. The higher the
stiffness of the vessel wall, the less the radial distension of the wall while the
wave travels, and therefore the higher the wave speed. This behaviour is descri-
bed with the Moens-Korteweg equation (Eq. (A.12), Appendix A), relating the
pulse wave velocity (PWV), the elastic modulus, the blood density, the vessel
diameter and the wall thickness.
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In this work, we developed the PWV approach rather than the pressure-
diameter relation. Thanks to its ease of application, PWV measurement has
been largely developed and used in clinical practice in recent years (Laurent
et al., 2006; Boutouyrie et al., 2009). Many epidemiological studies have charac-
terised the arterial wall elasticity of different populations using the PWV (Lau-
rent et al., 2001; Cruickshank et al., 2002). Here, the direct evaluation of the
arterial elasticity was not considered due to practical concerns. In our partner-
ship with the Cliniques Universitaires St-Luc, we did not have at our disposal
high-precision ultrasound scanners to measure distension waveforms. Further-
more, as we are measuring calcified and atherosclerosed arteries (rigid arteries
a priori), variations of the cross-sectional area might be strongly reduced and
difficult to measure.
Different methods have been developed in order to measure the velocity of
propagation of waves (Rabben et al., 2004; Feng and Khir, 2010; Horva´th et al.,
2010; Harada et al., 2002; Davies et al., 2006b). Considering our practical and
technical limitations, we focused on studying and applying three of them. The
most direct and common method in clinical practice is the foot-to-foot method.
In the following, we discuss its practical application to our pathological subjects.
The PU-loop and the single-point methods are derived from the 1D formulation
of the blood flow equations and present the advantage to compute a local PWV.
As described in Section 1.2 of the Introduction, different types of vessels can
be used as graft in femoro-popliteal bypasses: vessels made of synthetic mate-
rials (Gore-Tex R© or Dacron R©), a patient’s vein or an arterial homograft. In
view of their different origins, these vessels should be associated with different
material stiffnesses, and could differ from the elasticity of the surrounding ar-
teries. In addition to the PWV approaches, we describe two other methods for
the estimation of the bypass wall elasticity: a method based on in-vitro results
for estimating the elasticity of synthetic materials, and a method based on the
structural properties of venous conduits.
The foot-to-foot method
Waves generated by the heart propagate along the arterial tree. By esti-
mating the time (∆t) it takes for a wave (pressure, distension or velocity wave)
to travel a known distance apart between two arterial sites (∆L), the PWV c
between these two measurement sites can be computed as follows
c =
∆L
∆t
. (2.1)
Fig. 2.6 illustrates the evaluation of the carotid-femoral PWV, the “gold stan-
dard” measurement of arterial stiffness in clinical practice. Measurements of
the waves at the two sites can either be realized simultaneously, or recorded
successively with both signals being synchronised with the same time basis (the
ECG R wave).
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It is generally accepted that the time delay ∆t should be calculated from
the foot or early upslope of the wave rather than its systolic part. Indeed, the
systolic peak is altered by wave reflections and the arterial stiffness increases
non-linearly with blood pressure. The foot of the wave is defined at the end of
diastole, when the steep rise of the wavefront begins and should be identified by
automatic algorithms in order to avoid imprecisions (Millasseau et al., 2005).
The distance between the two sites ∆L represents an estimation of the
pathway of the waves and can be evaluated using different methods (Vermeersch
et al., 2009a). If the arterial pulse moves in opposite ways (such as from the
sternal notch to the carotid and to the femoral), the computation of ∆L should
be obtained by subtracting pathway distances in opposite directions.
Different pulse waves have been used in practice to assess the PWV: pressure
waves, distension waves and velocity waves. Although these waves are different
in nature, they are theoretically in phase at the beginning of the cardiac cycle,
so could be used alternatively.
The most often used signal in clinical practice is the pressure wave. Different
devices based on the acquisition of this signal are commercially available. For
example, the Complior System R© (Artech, Les Lilas, France) uses two mechano-
transducer probes simultaneously; while the Sphygmocor R© (ArtCor, Sydney,
Australia) uses a single high-fidelity applanation tonometer (a large band piezo-
electric probe) with ECG synchronisation. Both of these devices require the
application of a pressure transducer and are therefore limited to superficial ar-
teries, such as the common carotid, common femoral or radial arteries. While
these methods are well accepted for carotid-femoral PWV measurement (As-
mar et al., 1995; Wilkinson et al., 1998), they present some limitations. The
femoral pressure waveform may be difficult to record accurately in patients with
peripheral arterial disease (Van Bortel et al., 2002): in the presence of stenoses,
the pressure signal may be attenuated and delayed; in calcified arteries, the
pressure signal may be too weak and non-pulsatile. Within the framework of
the NHEMO project, we tested these two devices on calcified, occluded and
bypassed lower-limb arteries and met the problems described hereover.
PWV can also be measured using distension waveforms, acquired using
high-definition echotracking devices. Some devices have been commercialized
(Art.Lab R© (Esaote, Maastricht, The Netherlands), WallTrack R© (Pie Medical,
Maastricht, The Netherlands)) and used in clinical studies (Hoeks et al., 1990;
Brands et al., 1998; Pannier et al., 2002). This type of measurement does not
present technical limitations and could be applied to pathological lower-limb
arteries. Though, this expensive equipment was not at our disposal within the
framework of the NHEMO project.
Finally, PWV can be measured using the sharp systolic upstroke from ve-
locity waveforms acquired with Doppler ultrasound techniques (Wright et al.,
1990). Even if this technique presents some imprecision in the exact location
of the measurement, it presents the advantage to be applicable to all arteries.
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Figure 2.6 – Measurement of the carotid-femoral pulse wave velocity using the
foot-to-foot method. From Boutouyrie et al. (2009).
With appropriate probes, velocity waveforms can be measured on deeper and
calcified arteries, as well as on weakly pulsatile arteries. Furthermore, this type
of equipment produces similar results than with the standard tonometry (Jiang
et al., 2008) and is easily available in medical centers.
Therefore, we developed an application in Matlab R© (MathWorks, Natick,
USA) in order to compute the foot-to-foot PWV from velocity waveforms of
peripheral atherosclerosed arteries. Velocity waveforms were measured with the
B-mode colour Doppler ultrasound Philips iU22 R© (xMATRIX ultrasound sys-
tem, Philips, Drachten, The Netherlands) and saved as DICOM images. Mea-
surements were taken successively at two arterial sites, with synchronisation
by the ECG R wave (Fig. 2.7). Arterial distance was measured directly on
the patient’s leg; this could introduce imprecisions in cases of arterial occlu-
sions considering the complex arterial path through collaterals. The foot of the
velocity waveform was determined manually using a mouse driven graphical
interface. The algorithms for determining the foot of pressure waveforms were
not always efficient when applied to velocity signals because of the shivering
of the systolic increase, and small fluctuations in velocity contours. A manual
selection might nevertheless induce a relatively important error if ∆L is small.
On a leg for example, if ∆L = 30 cm and the arterial wall elasticity is cha-
racterised by c = 10 m/s, with a DICOM resolution of 250 Hz, a deviation of
1 pixel induces an error of about ±1.5 m/s. For comparison, with an arterial
length ∆L = 1 m, the deviation of PWV is reduced to ±0.4 m/s. The distance
between the measurement sites is limited in its lower bound by the need for
higher temporal resolution.
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dt1
dt2-ff
-ff
Common femoral
Popliteal
Figure 2.7 – PWV computation in the leg with the foot-to-foot method. Mea-
surements of the delay between the ECG peak and the foot of the velocity
waveform in two arteries of the leg (common femoral and popliteal). The PWV
is then computed as c = ∆L/(dt2 − dt1), with ∆L the distance between the
two arterial sites.
As the foot-to-foot PWV is an average wave speed for the entire arterial
pathway traveled by the wave, this method does not allow to distinguish specifi-
cally the elasticities of arteries of different calibers, or the elasticities of vessels
made of different materials. Therefore, the foot-to-foot method will not give an
accurate estimation of the wave speed in the graft: for example, the femoral-
popliteal PWV is calculated as an average of the wave speeds in the bypass
graft and in the arterial segments above (the common femoral) and below (the
popliteal) the bypass.
We used the foot-to-foot method to compare the central (carotid-femoral)
PWV with the peripheral (femoral-distal) PWV in patients suffering from pe-
ripheral arterial disease (Lacroix et al., 2011). Our results showed that, in sub-
jects with peripheral pathology, the central PWV can be used as a good esti-
mator of the distal PWV.
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The pressure-velocity loop method
The pressure-velocity loop (PU-loop) method allows the determination of
the local wave speed (i.e. the wave speed at one arterial location) using simul-
taneous measurements of pressure and velocity (Khir et al., 2001b). The the-
oretical origin of this method is based on the solution of the one-dimensional
equations for blood flow in elastic arteries using the method of characteris-
tics (Parker and Jones, 1990). The mathematical background will be detailed
in Section 3.1.3 of Chapter 3, we only recall the main results here.
The relationship between the changes in pressure and velocity across any
wavefront is given by the water hammer equation:
dpf,b = ± ρc duf,b (2.2)
where dp and du are the pressure and velocity variations during one sampling
interval, and the f and b subscripts refer to their forward and backward com-
ponents. When there are no backward waves, e.g. at the start of systole, the
water hammer equation indicates that there is a linear relationship between
the changes in pressure and velocity. Thus, in a plot of pressure versus velocity
over a cardiac cycle, the part of the PU-loop at the start of the systole should
be linear, with a slope equal to ρc (Fig. 2.8).
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Figure 2.8 – Computation of the PWV with the PU-loop method: ρc = tan(θ),
where θ is the angle of the linear part of the PU-loop at early systole (in grey).
The PU-loop method has been validated in-vitro (Khir and Parker, 2002)
and in-vivo (Khir et al., 2004) with the foot-to-foot method and has been
widely used to determine the PWV in various systemic arteries of healthy sub-
jects (Zambanini et al., 2005) and in patients with cardiovascular diseases (Khir
et al., 2001a; Curtis et al., 2007).
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In order to obtain significant results with the PU-loop method, pressure
and velocity need to be acquired simultaneously. During the bypass surgery
of some patients though, pressure was measured a few minutes after velocity
(non-simultaneous data acquisition protocol, see Section 2.1). Nevertheless,
measurements were realized while the patient was under anaesthesia and in
a stable hemodynamical state. Patients presented a constant heart rate during
both measurements. We therefore assumed that these measurements might be
considered for this analysis. In the case of non-simultaneous measurements, the
alignment of pressure and velocity in time needs to be carefully adjusted in
order to provide the optimal linear slope of the loop. This is also applicable
to signals measured simultaneously since the response of pressure and velocity
transducers might involve different delays. In order to resolve this time lag, we
used the algorithm described by Swalen and Khir (2009): while shifting the
velocity backwards and forwards in time steps equal to the sampling interval,
the correlation factor between p and u at early systole is computed. The highest
correlation factor indicates the optimal time shift between waveforms.
The value of the slope of the initial part of the PU-loop can be determined
manually by eye. More objectively, this slope can be obtained using the algo-
rithm of Khir et al. (2007). Starting from the start of systole, the deviation of the
curve from linearity is computed. Until this value exceeds a defined threshold,
the curve representing the systolic upstroke is increased by time steps. When
the curve deviates from linearity, the slope is calculated between this last point
and the begin of systole.
The single-point method
Derived from the theory of the wave intensity analysis, the single-point
method allows the derivation of wave speed with simultaneous measurements
of pressure and velocity at a single location (Davies et al., 2006b). It was ini-
tially introduced to measure the wave speed in the human coronary arteries, as
none of the previous methods were suitable for these arteries. The foot-to-foot
method can not be applied, considering the short length of these tortuous ar-
teries. The PU-loop method is inefficient as well, as it requires unidirectional
waves during part of the cycle. Because of the influence of the aortic and mi-
crocirculatory vessels creating multiple reflections and hemodynamic interac-
tions, the coronaries do not present a single wave impulse. The linearity of the
pressure-velocity relation is altered and this approach can not be used.
The single-point method derives the PWV by minimizing the net wave ener-
gies over a complete cardiac cycles. Following Davies et al. (2006b), the deriva-
tion of the method formula is based on the observation that the propagation
of individual wave fronts is discrete, characterised by changes in pressure and
velocity, with no summation of energy from one beat to the next. The idea is
to find the wave speed that minimizes the total wave intensity over the cardiac
cycle in order to reduce wave energy summation. The net wave energy is defined
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as the sum of the absolute values of the forward (dIf ) and backward (dIb) wave
intensities, where the backward wave intensity is defined negative
χ =
∑
(‖dIf‖+ ‖dIb‖) =
∑
(dIf − dIb) (2.3)
and where the sum is taken over the sampling intervals of the cardiac cycle.
The background of the wave intensity analysis (WIA) will be detailed further
on in Chapter 5. By deriving the expressions for dIf and dIb from the forward
and backward pressure and velocity components
dIf = dpf duf dIb = dpb dub (2.4)
and by substituting definitions of dpf,b and duf,b as a function of dp and du
(see Eqs. (3.23) and (3.24) from Chapter 3)
dIf =
ρc
4
(
du+
dp
ρc
)2
dIb = −ρc
4
(
du− dp
ρc
)2
, (2.5)
χ can be written in terms of the changes in pressure and velocity:
χ =
∑
(dp)2
2 ρc
+
ρc
∑
(du)2
2
. (2.6)
The minimization of χ as a function of ρc requires dχd(ρc) = 0, i.e.
−
∑
(dp)2
2 (ρc)2
+
∑
(du)2
2
= 0 (2.7)
which simplifies to:
c =
1
ρ
√∑
(dp)2∑
(du)2
(2.8)
This method also requires simultaneous measurements of p and u but, on
the opposite to the PU-loop, it presents no restrictions about the wave travel
direction. In their study, Davies et al. (2006b) obtain a good correlation for
the aortic PWV measured with the foot-to-foot method and with the single-
point method. Though, to our knowledge, this method has not been applied
to pulse wave velocity evaluation in other long systemic arteries. Notice that
this method has been criticized for its application in the coronary arteries:
according to Kolyva et al. (2008), due to the short length of the arteries, it
yields erroneous predictions of changes of the local wave speed induced by a
proximal stenosis and distal vasodilation.
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In-vitro compliance of synthetic bypass materials
Besides PU-loop and single-point methods, the characterisation of the pros-
thetic vessels can also be performed using in-vitro experimental results. In
Daniele et al. (2003), samples of different synthetic bypass materials were sub-
jected to dynamic cyclic vessel loading under physiological pressure with mea-
surement of diameter variations. The radial compliance CR =
∆r
∆p was esti-
mated, with ∆r the changes in the vessel radius. Table 2.4 presents the values
of CR/r measured within the pressure interval of 80-120 mmHg in some com-
mercial grafts tested in the study. Notice that these in-vitro results fluctuate
significantly with the pressure interval considered, the cyclic loading, and the
dimension of the graft.
Model Material Type D CR/r c
[mm] [mmHg−1] [m/s]
Intervascular PTFE Ultrathin 6 3.440e-4 13.6
Gore PTFE Extensible 6 0.579e-4 33.1
Sorin Carbograft PET Knitted 6 2.510e-4 15.9
Bard soft woven PET Woven 6 2.314e-4 16.6
Bard soft woven PET Woven 8 1.685e-4 19.4
Table 2.4 – Radial compliance CR/r, pulse wave velocity c and properties
of some commercial bypass grafts. D is the vessel diameter, PTFE stands
for polytetrafluoroethylene (Gore-Tex R©), PET for polyethylene terephthalate
(polyester or Dacron R©). Data for the Intervascular graft (first line) courtesy
of the Datascope Intervascular society (now Maquet Getinge Group). Data for
Gore, Sorin and Bard (lines 2-5), published in Daniele et al. (2003), are mea-
sured in-vitro within a pressure interval of 80 to 120 mmHg.
By using the Bramwell-Hill equation (Eq. (A.13) of Appendix A), the PWV
can be related to the vessel area compliance CA = ∆A/∆p and thus to the
radial compliance CR:
c =
√
A
ρCA
=
√
A∆p
ρ∆A
=
√
pir2 ∆p
ρ 2pir∆r
=
√
r
2ρCR
. (2.9)
This in-vitro study gives an estimation of the order of magnitude of the
PWV in the prosthetic bypasses: for 6 mm diameter grafts, the PWV varies
from 13 to 33 m/s, depending on the synthetic material considered.
Within the framework of the NHEMO project, surgeons at Cliniques Uni-
versitaires St-Luc use PTFE grafts from Gore and Vascutek, and PET grafts
from Intervascular and Vascutek.
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Properties of venous bypasses
A comparison of the arterial and venous elasticities can be performed on
basis of the properties of veins. Considering that the vein used as bypass graft
should be affected by the disease similarly than the native artery, a relation
between venous and arterial wave speeds can be established on basis of the
following observations obtained during in-vitro experiments (Pukacki et al.,
2000). (1) The elastic modulus E of the venous wall is about twice the elastic
modulus of the arterial wall: Ev ' 2Ea. (2) The wall thickness h of the vein is
about half the wall thickness of arteries: hv ' 12 ha.
Using the Moens-Korteweg relation (Eq. (A.12) in Appendix A, with σ the
Poisson’s ratio), the PWV of the vein (cv) can be related to the PWV of the
surrounding arteries (ca) and to the ratio of arterial to venous diameters:
cv =
√
hv Ev
Dv ρ (1− σ2) '
√
1
Dv
ha
2
2Ea
ρ (1− σ2) =
√
Da
Dv
ca . (2.10)
This formulation is established from in-vitro observations, while the venous
bypass is not inserted in the surrounding tissues of the leg. We assume that
they are still valid when measurements are performed during surgery, after
insertion of the vein in the patient’s leg. Furthermore, it is assumed that the
Poisson’s ratios of venous and arterial tissues are similar, i.e. that these tissues
present a similar behaviour under deformation. In view of these hypotheses, the
relation (2.10) should be carefully considered, as an evaluator of the relation
between PWV in veins and arteries.
It should be noticed that after insertion in the leg as arterial bypass, the
venous tissue will undergo structure modification for a few weeks after surgery.
When inserted into the high-pressure, high-flow environment of the arterial
system, the vein adapts itself such that the thickening of the venous graft wall
increases until its ratio to the vessel diameter h/D reaches the ratio observed in
the arteries (Wilson et al., 2003): hvDv ' haDa . Notice that the previous relation
simplifies then to cv =
√
2 ca.
Comparison of methods
Bland and Altman (1986) showed that in order to assess the agreement bet-
ween two methods of clinical measurement, the use of correlation is misleading.
Even if this technique is still often used in the literature, this statistical ope-
rator is inappropriate as it measures the strength of a relation between two
variables, not the agreement between them. Results should instead be plotted
against each other with the identity line; and in a Bland-Altman plot. This last
plot presents the difference between the methods against their mean. It allows
to assess between-method differences and to investigate any possible relation-
ship between the measurement errors and the true value (Bland and Altman,
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1986). It also includes the 95 % confidence interval for a normal distribution,
[µ−2 SD;µ+2 SD], where µ is the mean of the differences, and SD its standard
deviation. The relative difference between two methods can also be calculated
as the mean ratio of the difference to the average of both results.
– PU-loop versus foot-to-foot
Because the foot-to-foot method is computed along an arterial path, there
is only one value of PWV that can be compared along the leg with the
PU-loop method. We only have here 14 measurements at our disposal. For
this comparison, the PU-loop value was computed as an average value of
wave speeds in the leg vessels, weighted by the length of the vessel. Fig. 2.9
presents these results. We observe some correspondence between results
at low wave speeds and dispersion at higher wave speeds. The relative
difference of the foot-to-foot PWV minus the PU-loop PWV is equal to
12.3% so that the foot-to-foot method overestimates the PU-loop method.
This observation is similar to results of Khir et al. (2004) in the ascending
aorta: the wave speed measured by the foot-to-foot method is systema-
tically higher than the wave speed determined by the PU-loop, though
results were much closer in that study. The dispersion of our results can
be explained as follows. Measurements at the base of both methods are
not realized at the same time: for the PU-loop, pressure and velocity
are realized during surgery, while for the foot-to-foot method, DICOM
images are taken a few days before or after surgery. Variations of the
central pressure and condition of the patient might influence the results.
Furthermore, the distance between the common femoral and popliteal or
tibial arteries is rather limited (about 60 cm), which reduces the accuracy
of the foot-to-foot measurement.
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Figure 2.9 – Comparison of wave speeds derived by PU-loop (cPU ) and foot-to-
foot (cfoot) methods in the upper leg. Plot of results from both methods with
line of identity (dashed line).
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– PU-loop versus single-point
Fig. 2.10 presents the comparison between the single-point (cSP ) and
PU-loop (cPU ) methods for the computation of the PWV in all lower-
limb vessels analysed (i.e. arteries and bypasses), at different times during
surgery (i.e. before and after insertion of the bypass). There is a general
good agreement between the two methods and the relative difference is
7.5 % (single-point minus PU-loop). There is no obvious relation between
the difference (cSP−cPU ) and the mean (cSP+cPU )/2 of the two methods
(Fig. 2.10, right).
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Figure 2.10 – Comparison of lower-limb wave speeds derived by PU-loop (cPU )
and single-point (cSP ) methods. Plot of results from both methods with line of
identity (dashed line) (left) and Bland-Altman plot (right).
Because the single-point method has not been much discussed for large
systemic arteries, we also mention here the results from a numerical com-
parison of methods. The PU-loop and the single-point methods (as well as
other methods for estimating the local PWV not considered in this work)
have been compared by using a one-dimensional numerical model (Alas-
truey, 2011). While the theoretical values of the PWV along the arterial
tree are calculated from the model parameters, estimations of the wave
speeds are obtained by applying the different techniques to the numeri-
cally generated pressure and velocity waveforms at different arterial loca-
tions. The results show that, in comparison with the single-point method,
estimates of the PWV given by the loop methods were closer to the the-
oretical values and more uniform within each arterial segment.
On basis of this analysis and our results, we will use preferably the PU-
loop for evaluating the vessel elasticity.
– Synthetic bypass stiffness
Amongst the previous PWV methods, the foot-to-foot will not be consi-
dered for estimating the stiffness of bypass vessels. The PU-loop method
estimates a local PWV; therefore it can be applied to the bypass vessel,
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whatever the graft material. As the analysis of the single-point method
showed a good correspondence with the PU-loop, we will only retain the
PU-loop result.
Fig. 2.11 presents the values of measured PWV in prosthetic bypasses,
as a function of the pressure in the vessel. From our few observations,
we see that within the same pressure range, the PWV in the Dacron
bypasses seems to be higher than in the Gore-Tex bypasses. Furthermore,
the PWV is positively related to the blood pressure, as was shown by the
Bramwell-Hill equation (Eq. (A.13), Appendix A) and the study of Avolio
et al. (1983).
Our results lie within the range of PWV values for synthetic bypasses
suggested by the in-vitro approximation. Because the PU-loop considers
the synthetic vessel in its tissue and muscle environment and takes into
account the physiological condition of the patient, we will consider these
results in the rest of this work.
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Figure 2.11 – PWV in prosthetic Gore-Tex R© and Dacron R© bypasses as a func-
tion of the pressure in the bypass. Each vertical line represent the range of
the pressure in the bypass (diastolic to systolic pressures; the mean pressure
symbolized by a square or circle).
– Venous bypass stiffness
Our theoretical estimation of the venous bypass stiffness could only be
tested on two patients operated with in-situ venous bypass. We used
arterial data from the common femoral artery because vessels are close
in the leg morphology. Using Eq. (2.10), the approximation produced a
reasonable approximation in the first case (Table 2.5). Similarly than in
prosthetic bypasses, results from the PU-loop will be considered in the
continuation of this work.
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Patient # Artery Vein
16 D (mm) 0.81 0.37
cPU (m/s) 8.5 11.0
cv (m/s) 12.6
19 D (mm) 0.615 0.43
cPU (m/s) 5.8 15.0
cv (m/s) 7.0
Table 2.5 – Estimation of the PWV of in-situ venous bypasses
Interpretation of physiological results
Values of wave speeds observed in the arteries of the leg are slightly higher
than in healthy patients due to the presence of the pathology. For healthy leg
arteries, the average PWV measured by foot-to-foot method is about 8.3 m/s
(from femoral to dorsalis pedis arteries) (O’Rourke et al., 2002; Kingwell et al.,
1997). In subjects with high prevalence of hypertension, the wave speed is
about 12 m/s (O’Rourke et al., 2002; Avolio et al., 1985). In our data about
pathological leg arteries, we observe PWV values from 10 to 16 m/s (Table 2.6).
These values correspond well with observations from literature.
We also observe an increase of wave speeds along the leg of the patients,
because of the reduction in arterial caliber (cfr Moens-Korteweg Eq. (A.12),
Appendix A). Measurements in the deep femoral artery present a larger de-
viation than in other arteries. We suppose that this is due to less accurate
measurements because of their less accessible location in the thigh.
As expected, PWV in bypasses is larger than in arteries of similar diameter;
this observation is further emphasized for synthetic grafts.
In the four patients with measurements before and after bypass suture, we
observe a decrease of the pulse wave velocity from the pre-operative to the post-
operative state in the common femoral artery (∆¯cPRE−POST ' 4.8 m/s). The
Vessel c¯ (m/s) D¯ (mm)
Common femoral 8.5 ± 4.6 7.0 ± 1.0
Deep femoral 16.9 ± 13.3 4.6 ± 0.8
Popliteal 14.6 ± 10.8 4.2 ± 1.2
Synthetic Bypass 17.7 ± 8.5 5.9 ± 0.7
Venous Bypass 13.0 ± 2.8 4.0 ± 0.5
Table 2.6 – Mean values ± SD of the post-operative PWV c (measured with
the PU-loop) and of the diameter D in the vessels of bypassed legs.
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opposite variation is observed in the popliteal (∆¯cPRE−POST ' −9.6 m/s);
the low PWV observed in these distal arteries before surgery is probably due
to the reduced flow, downstream of the occlusion. These observations are based
on a very reduced number of patients and should need to be further studied in
order to draw any further conclusion.
Values of all parameters for all patients can be found in Appendix B.
2.3.2 Distal arterial sub-network
Our leg model focuses on the arteries from the upper-leg, from the femoral
to the popliteal arteries: these arteries are modeled as 1D segments and are
characterised. This is not the case for distal sub-networks composed of smaller
arteries (e.g. peroneal artery, plantar arch, perforating arteries in the thigh),
arterioles, collaterals and the venous system. Even though, their influence on
the 1D hemodynamics need to be taken into account. This is done through
lumped models. In our model of the upper-leg, we will consider two distal sub-
systems: the network distal to the popliteal artery, including the lower-leg and
the foot, as well as the network distal to the deep femoral artery, embedded
into the thigh. The behavior of each of them is modeled at its entrance with a
three-element windkessel model, composed of resistive and compliant elements
(Fig. 2.12). The mathematical modeling of this windkessel model will be derived
and described in details in Section 3.3.2, Chapter 3.
pin pC poutC
R1 R2Qin Qout
Figure 2.12 – The three-element windkessel model, with its two resistances R1
and R2 and its compliance C. At the entrance of the model, the pressure (pin)
and flow rate (Qin) correspond to the pressure and flow in the adjacent 1D
arterial segment. pC is the pressure across C. At the outlet of the windkessel
model, pout and Qout characterise the venous circulation.
Several methods have been proposed in order to compute the value of the
two parameters of a distal peripheral network, namely the total resistance R
(R = R1 + R2) and compliance C. Considering the limitations of our data
acquisition protocol (mainly, we do not have distension waveforms at our dis-
posal), we applied the following three methods to our data: exponential fitting,
area method and windkessel ODE.
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Exponential fitting
Because the windkessel model can be seen as an electrical circuit, the value
of the total resistance of the vascular bed can be evaluated by using the hemo-
dynamical analogy of Ohm’s law:
R =
p¯in − pout
Q¯in
, (2.11)
where p¯in and Q¯in are respectively the mean pressure and mean flow over the
cardiac cycle at the entrance of the windkessel. pout is the venous pressure and
its value is fixed to 20 mmHg for all peripheral outlets (Marieb, 2005; Alastruey
et al., 2008).
As observed by Otto Frank (1920), when flow is zero during diastole, the
pressure decay can be described by an exponential curve of time constant τ .
τ is defined as the product of the peripheral resistance and the total arterial
compliance: τ = RC. The larger the resistance, the slower the blood leaves the
system, and the longer the time constant is. Also, the larger the compliance
the more blood is stored, and the longer the time constant is. Knowing R and
τ , the compliance C can then be deduced.
In practice, the exponential fitting is applied on the last two third of diastole.
τ is calculated by minimizing the sum of the squares of the following difference
(obtained as the solution of the ODE describing a 2-element RC windkessel):(
p(t)− pout
)
−
(
(p∗ − pout) exp
(−(t− t∗)
τ
))
with t ∈ [t∗ : tend], (2.12)
with t∗ and p∗ the time and pressure at one third of diastole (Fig. 2.13).
Area method
In this method, the decay time τ is computed as the area under the diastolic
pressure, divided by the pressure difference between the start (t1) and endpoint
(t2) of the decay (Liu et al., 1986):
τ =
∫ t2
t1
p
p(t1)− p(t2) dt . (2.13)
The start of the decay is taken at one third of diastole: t1 = t
∗ (Fig. 2.13).
The resistance is also calculated as the ratio of the mean pressure and mean
flow; the compliance is then C = τ/R.
Winkessel ODE
The following method calculates the optimal values of the parameters of the
3-element windkessel model from its governing ODE and by using the complete
48 Chapter 2. In-vivo hemodynamics in bypasses
0 0.2 0.4 0.6 0.8 10
20
40
60
80
100
120
 t (s)
 
p 
(m
mH
g)
 
 
Figure 2.13 – Illustration of the exponential fitting method and the area method
on a pressure curve. The exponential fit is in dashed line. The area under the
diastolic pressure is in grey. The triangle represents the pressure at one third
of diastole.
profiles of flow and pressure measurements (Toorop et al., 1987; Stergiopulos
et al., 1995).
The ordinary differential equation of the 3-element windkessel will be de-
rived in Section 3.3.2. We neglect here the output pressure pout.
pin +R2 C
dpin
dt
= (R1 +R2)Qin +R1R2 C
dQin
dt
(2.14)
By approximating the derivatives using forward finite differences of first order,
the equation can be written in terms of Qin(t), Qin(t+ ∆t), pin(t) and pin(t+
∆t):
Qin(t+ ∆t) +Qin(t)
(
(R1 +R2)
CR1R2
∆t− 1
)
︸ ︷︷ ︸
a1
=
pin(t+ ∆t)
1
R1︸︷︷︸
b1
+pin(t)
(
∆t
CR1R2
− 1
R1
)
︸ ︷︷ ︸
b2
. (2.15)
In order to obtain R = R1 +R2 and C, the parameters a1, b1 and b2 need to be
determined. Knowing the flow profile, the idea is to estimate the best pressure
curve governed by the equation
pin(t+ ∆t) = −pin(t) b2
b1
+
1
b1
Qin(t+ ∆t) +
a1
b1
Qin(t). (2.16)
The optimal estimation is obtained by minimizing the difference between the
measured and the estimated pressure profile using least squares. In Matlab,
this function is implemented using ARX models.
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In order to assess the accuracy of the estimation, the measured pressure
curve can be plotted against its estimate. Similarly, an estimated flow curve
can be obtained from the estimate of pressure and compared with the measured
one.
Comparison of methods
Similarly to the PWV analysis, we will use the Brand-Altman analysis for
comparing methods two by two. Additionally, when a linear relation can be
drawn between the two sets of data, we will assess the strength of the linear
relation between them by using a Pearson product-moment correlation coeffi-
cient r. A P-value < 0.001 is taken statistically significant.
The comparison of methods is assessed for the three methods on 11 patients,
at 2 arterial sub-network in pre- and post-operative states (when available), i.e.
3 sets of 32 points.
– Exponential versus area methods
In Fig. 2.14, the exponential fitting method is compared to the area
method for the computation of the time delay τ : there is a significant li-
near regression of equation τarea = 1.71 τexp− 0.063 between the two sets
of data (r = 0.71, P < 0.005). The area method overestimates the expo-
nential fitting method. Notice that, as the resistance is computed similarly
for both methods, this relation only affects the compliance derivation.
0 1 2 3 4 50
1
2
3
4
5
 τexp    (s)
 
τ a
re
a
 
 
 
 
(s)
τ
area
=1.71 τ
exp− 0.063
0 1 2 3 4 5
−3
−2
−1
0
1
2
 
τ e
xp
 
 
−
 
τ a
re
a
 
 
 
(s)
 (τexp + τarea)/2    (s)
Mean + 2 SD
Mean
Mean − 2 SD
Figure 2.14 – Comparison of values of τ between the exponential method (τexp)
and the area method (τarea). Left: a linear regression can be found between the
two evaluations of τ (τarea = 1.71 τexp − 0.063) (grey line), with a correlation
coefficient r = 0.71 (P < 0.005). The line of identity is in dashed black. Right:
Bland-Altman plot.
Our observations differ from the conclusions of Stergiopulos et al. (1995).
Their study used results from a numerical 1D model and compared the
total arterial compliances computed using different methods. Unlike our
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observations, they observe that the exponential and area methods yielded
similar results, accurate within 10% of the exact value. They also pointed
out that these methods are sensitive to the choice of the diastolic period.
– Exponential versus ODE methods
In Fig. 2.15, the exponential fitting method is compared to the ODE
windkessel method for the computation of the time delay τ . There does
not seem to have a direct relation between both variables. Though, the
Bland-Altman plot shows that the exponential fitting method seems to
slightly overestimate the ODE method. Interestingly, the resistance esti-
mated with the ODE method is strongly correlated by a linear regression
to the resistance estimated as the ratio of means (Rmean, Eq. (2.11)):
RODE = 1.41Rmean − 258 (r = 0.993 P < 0.005). The resistance ob-
tained with the ODE method overestimates Rmean. Therefore, it is the
evaluation of C that introduces scatter in the comparison of τ (Fig. 2.16).
In the study of Stergiopulos et al. (1995), the ODE method is also used
to compute the total arterial compliance: their results indicate that the
ODE method tend to strongly overestimate the compliance of the model
(in comparison with the exact numerical value), though they do not com-
pare it with the exponential fitting method.
Because of its ease of application and coherence of results, the resistance
and compliance of the arterial network will be estimated in the following of this
work using the exponential fitting method.
Interpretation of physiological results
Table 2.7 presents average values of resistances and compliances measured
in the two peripheral networks distal to the deep femoral and popliteal arteries
in bypassed legs. When analysing results from each patient individually, there
is no clear relation between parameters R and C of these two networks.
These values can be compared with observations from literature. Compli-
ance in patients with peripheral arterial occlusive disease (PAOD) was found
to be about 0.023 ± 0.012 ml/mmHg = 1.73 ± 0.9 e5 cm4g−1s2 in the distal
circulation (Duprez et al., 2001), which is of the same order than our obser-
vations. Furthermore, they observed that the compliance was correlated with
markers of severity of vascular disease (ABI, pulse pressure). Notice also that
the compliance in large arteries is greater than the compliance of the distal
circulation, and that compliance is reduced with hypertension (Duprez et al.,
2001; Simon et al., 1979).
Resistances and compliances of an healthy subject have also been estimated
in Stergiopulos et al. (1992) where a complete arterial tree composed of 55 ar-
teries is simulated with a 1D model. The resistance and compliance distally to
the deep femoral are given in Table 2.7. We estimated R and C distally to the
popliteal artery from the anterior and posterior tibial values. The average resis-
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Figure 2.15 – Comparison of values of τ between the exponential method (τexp)
and the windkessel ODE method (τODE). Plot of results from both methods
with line of identity (dashed line) (left) and Bland-Altman plot (right).
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Figure 2.16 – Comparison of values of R (left) and C (right) computed by the
exponential method (Rmean, Cexp) and the windkessel ODE method (RODE ,
CODE). Plot of results from both methods with line of identity (dashed
line). Left: a linear regression can be found for the two evaluations of R
(RODE = 1.41Rmean − 258) (grey line) with a correlation coefficient r = 0.993
(P < 0.005).
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tance observed in bypassed legs is slightly larger than the value representative
of a healthy state. This observation seems coherent considering the patholo-
gical distal network of our old subjects. The increase in peripheral resistance
results from vascular rarefaction and decrease in arterial cross-sectional area.
On the opposite, results for the compliance are unexpected: we observe that
the compliance of bypassed arteries is largely higher than data from Stergio-
pulos et al. (1992). Notice that these values result from indirect estimations
and approximations; they might be inaccurate and their comparison should
be considered with caution. These discrepancies in observations support our
approach of computing parameters on a patient-specific basis.
We have too few accurate data at our disposal to evaluate the relation
between pre-operative and post-operative conditions. It seems though that the
resistance of the peripheral networks increases after bypass surgery, while the
compliance decreases with the insertion of the bypass (Fig. 2.17). Notice that
these few results are opposed to our expectations: i.e. an improvement of the
peripheral vascular system with the insertion of the bypass (reduced peripheral
resistance and increased arterial compliance). In the distal popliteal artery,
this increase of R might result from a proportionally more important increase
of pressure than increase of flow (R = p⇑Q↑ ). Indeed, we have seen in Section 2.2.3
that flow increases thanks to the bypass surgery, though this increase is limited
to 20 to 50%. In distal arteries, pressure is very damped, nearly unpulsated;
the introduction of the bypass increases pressure back to a healthy value (more
than 100% increase). Because of the damped popliteal signal, the ratio p/Q
might therefore result in an increase of R. Compliance might decrease as a
result of the increase of resistance, under the assumption that the exponential
pressure decay remains nearly identical. Notice that τ increases to the most of
40% in damped pressure signals.
All values of parameters for all patients are listed in Appendix B.
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Bypassed
PAOD
Stergiopulos
arteries (1992)
R (104 cm−4gs−1)
Deep femoral 6.4± 3.1
-
4.77
Popliteal 5.0± 2.8 2.57
C (10−5 cm4g−1s2)
Deep femoral 1.7± 0.7
1.73± 0.9 0.39
Popliteal 2.6± 1.6 0.72
Table 2.7 – Mean values ± standard deviation of the post-operative resistance R
and compliance C of distal networks. Comparison with values of a subject with
peripheral arterial occlusive disease (PAOD) (Duprez et al., 2001) and with
values from Stergiopulos et al. (1992) representative of an healthy condition.
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Figure 2.17 – Comparison between pre-operative and post-operative values of
parameters R (left, in (cm−4g s−1)) and C (right, in (cm4g−1s2)) of peripheral
networks of bypassed legs. Line of identity is represented (dashed line).
54 Chapter 2. In-vivo hemodynamics in bypasses
2.4 Bypass patency
This section aims at presenting the population analysed during this 4-year
study. Table 2.8 gathers details about the bypass surgeries: surgery date, date of
last check-up of the bypass of the patients, duration of the observation period,
the status of the bypass at the last observation and the type of material used
for the graft as well as the location of the distal anastomosis.
Table 2.8 also presents the evaluation of the criteria of early bypass failure
for each patient, as presented in Subsection 1.2.3 of the Introduction. To recall,
indicators of failure are low mean flow (Q¯ < 50 ml/min), low peak systolic
velocity (PSV < 45 cm/s), low end-diastolic velocity (EDV < 8 cm/s), and
high peripheral vascular resistance (PV R > 8.8e4 cm−4g s−1). Measurements
are taken in the bypass graft, during bypass surgery or a few days after surgery,
depending on the patient. PVR corresponds to the resistance of the peripheral
network distal to the popliteal artery. Both PSV and EDV are measured on
the maximum centerline velocity (i.e. the external enveloppe of the ultrasound
spectrum).
On the 23 patients with available information, 4 patients have suffered from
the occlusion of their bypass after one or two years, 16 patients still present
patent lower-limb bypass and among them, 3 had dilatation of the distal anas-
tomosis. Notice that these dilatation have all been performed on below-knee
in-situ venous bypasses. As the observations about bypass patency are taken
over short duration, shorter than the 4-year index, they are expected to be
better than the patency statistics from the literature.
In most cases, the criteria of early failure are confident indicators of the
current status of the bypass. In a few cases though, predictions are not met.
For 4 subjects (#4, #17, #20, #21), while 2 or 3 criteria predicted early graft
failure, the patients did not present occlusion of the bypass after 9 or 41 months.
On the opposite, occlusion of patients #12 and #13 was observed after 13 and
11 months, though it was not markedly foreseen by the criteria (notice though
that the PVR criteria were not available for these patients).
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2.5 Conclusion
In this chapter, we have defined the protocol of data acquisition in the patho-
logical arteries of our subjects. In the following, we have presented observations
about the hemodynamics in bypassed lower-limb arteries. These observations
have focused, in the first part, on the analysis of waveform contours, from
a healthy condition to a bypassed one. In the second part, hemodynamics is
described through some indices (PWV, peripheral resistance and compliance)
extracted from the measured signals; methods of evaluation have furthermore
been described in details.
In total, measurements have been performed on 25 patients. Notice though
that only 9 of them presented accurate simultaneous pressure and velocity
measurements necessary for the parameters computation. The following points
summarize our observations.
– Pressure waveforms in bypassed lower-limb arteries are largely influenced
by the increased vessel wall stiffness. Because of earlier arrival of reflected
waves, the pressure waveform presents a single systolic wave with earlier
peak, without diastolic fluctuations. Even if pressure in distal arteries
might be slightly decreased in comparison with proximal vessels, the in-
sertion of the bypass graft ensures a pulsed signal distally.
– Velocity waveforms in bypassed lower-limb arteries are less influenced
than pressure. Thanks to the bypass vessel, velocity waveforms present
triphasic contours representative of normal waveforms. Flow is distributed
again towards distal arteries.
– Measurements that we will analyse in the major part of this work have
been realized during surgery, under vasodilatation effects. This induces a
increase of mean flow and disappearance of backflow.
– Pulse wave velocity in bypassed lower-limb arteries is increased in com-
parison with an healthy condition. Furthermore, we observe that PWV
increases distally in the leg, as a result of arterial diameter diminution.
PWV measured in the bypass graft is larger than in arteries; especially
in synthetic grafts.
– In the pathological arteries of our subjects, the most accurate and efficient
method for measuring PWV is the PU-loop. It allows PWV evaluation
locally to the vessel of interest (artery or bypass graft) and presents great
accuracy, even in presence of atherosclerosed vessels.
– Resistance and compliance of peripheral networks are easily and efficiently
evaluated using ratio of means and exponential fitting methods. Because
of the pathology, the peripheral compliance is reduced while the resistance
is slightly increased.
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– Very few sets of data allow us to describe precisely the evolution of the
parameters from the pre- to the post-operative states. We will limit this
conclusion to the following general observations: with the insertion of the
bypass graft, the rigidity and the peripheral compliance decrease while
the peripheral resistance increases. Notice that these variation of the pe-
ripheral network are not reflecting an improvement of the distal vascular
networks. They might be a result of the damped wave contour in the dis-
tal arteries. Additional studies should be carried on in order to confirm
these findings.
Variations induced by the pathological condition of the subjects differ in
magnitude from one subject to the other. This support the need of determining
parameters patient-specifically.
The uncertainty in assessing the evolution from the pre- to the post-operative
conditions of the network parameters shows the current limitations of the pre-
dictive feature within the NHEMO project.
CHAPTER 3
A coupled 1D-0D
numerical model
Nowadays it is widely accepted that there is a strong correlation between lo-
cal hemodynamics and the initiation and progression of arterial diseases (Nichols
and O’Rourke, 2005; Ku, 1997). The human arterial system can be mathe-
matically described with different levels of precision. From the detailed three-
dimensional models (3D) to the efficient one-dimensional models (1D) or the
simple lumped parameters models (0D), many applications have taken benefits
from the efficiency of these models (see Section 1.4 of the Introduction).
In this work, we focus on the coupled 1D-0D models: simple, efficient and
fast-computing, they give good global hemodynamical results in different parts
of the human body. While one-dimensional equations of blood flow result from
the integration of the Navier-Stokes equations along the length of the artery
together with an elastic relation for the artery, lumped zero-dimensional models
of the circulatory network are based on electrical analog of a hydraulic descrip-
tion of the system. These 1D-0D models have been widely used to efficiently
simulate wave propagation in the arterial system.
Besides the dimension of the model, the efficiency of computational mo-
dels is based on the quality of its inlet and outlet boundary conditions (BC).
Those boundaries act as artificial interfaces with the remaining parts of the
cardiovascular system which are not included in the model. They are parti-
cularly important when the simulation (either 3D, 2D, 1D or 0D) considers
only a truncated arterial tree, which is the case for most of the patient-specific
computations.
Outlet boundary conditions determine the way the distal network, not in-
cluded in the model, influences the arterial model: their effect range from a com-
The content of this chapter is based on results published in: Willemet M., Lacroix V.,
Marchandise E., 2011. Inlet boundary conditions for blood flow simulations in truncated
arterial networks. Journal of Biomechanics, 44(5), 897-903.
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plete absorption of the outgoing waves to their physiological reflection. These
boundary conditions are well discussed in Olufsen (1999); Vignon-Clementel
and Taylor (2004); Vignon-Clementel et al. (2006).
When defining the inlet BC, a classification depending on the geometry of
the model may be realized. It can include the complete arterial tree (Stergio-
pulos et al., 1992) or a network limited to some arteries, such as the arm
(Balar et al., 1989), the leg (Raines et al., 1974) or the carotid artery (Zhao
et al., 2000). In the model of the complete arterial tree, the inlet BC intends
to reproduce the impulsion from the heart. It can be achieved by a simple
model of the behavior of the aortic valve (Sherwin et al., 2003b; Matthys et al.,
2007; Blanco et al., 2009), by a model of the ventricle (Mynard and Nithiarasu,
2008) or by a coupling with a lumped model of the heart (Reymond et al.,
2009; Formaggia et al., 2006).
When modeling only a truncated arterial tree, the inlet boundary may be
located at the heart, such as in Alastruey et al. (2007) where the cerebral
circulation is modeled. This is not the case when the arteries of interest are
peripheral to the heart: for example, in the modeling of the arm hemodynamics
(Leguy et al., 2010; Alastruey et al., 2006), the inlet BC is located at the
brachial artery.
Using this truncated geometry presents many advantages. It allows to focus
on one particular site of interest ruled by complex mechanisms (e.g. circle of
Willis (Alastruey et al., 2007)). When designing patient-specific models for clini-
cal applications, it greatly reduces the number of parameters to be determined.
It is also used, most of the time, in three-dimensional modeling, considering
the high computational costs.
Nevertheless, as the upstream vessels are not included in the model, their
effects need to be modeled with relevant boundary conditions. Indeed, the be-
havior of the waves at the artificial inlet completely differs from their behavior
at the heart or at the aortic valve. Different mathematical tools have been de-
veloped in order to prescribe an absorption or reflection of the waves at the
inlet BC (Thompson, 1987; Hedstrom, 1979; Sherwin et al., 2003a). They need
to be used according to the physics of the problem. For example, prescribing a
complete reflection of the inflow signal at the inlet of the truncated tree may
lead to unphysiological high pressures.
Waves propagate in the arterial tree in the forward and backward directions
(Parker and Jones, 1990). While forward waves result from the contraction of
the ventricle and ejection in the aorta, backward waves are created by the
reflection at the bifurcations, discontinuities and peripheral resistive networks.
Once reflected, they interact with the forward waves to produce a total signal.
In this description of the numerical model, we put to the fore the importance
of prescribing the forward component of the desired signal at the inlet BC
of truncated models. In this way, the numerical model creates the artificial
computed reflected waves that interact with the prescribed forward ones in
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order to generate the desired physiological total signal. Mynard and Nithiarasu
(2008) have used this kind of inlet boundary condition in the ventricle, at the
inlet of a complete arterial tree. We show here that its application to the inlet of
one-dimensional truncated models is effective and improves the correspondence
between the computed and measured signals.
This chapter is divided in 5 sections. We firstly describe the mathematical
one-dimensional model and some mathematical tools that allow a complete un-
derstanding of the prescription of inlet BC for 1D models. More precisely, the
1D equations of blood flow, the method of characteristics and the wave sepa-
ration technique are recalled. The numerical resolution using the discontinuous
Galerkin method is described in Section 3.2. Thereafter, a complete descrip-
tion of the inlet and outlet boundary conditions is performed (Section 3.3). In
Section 3.4, we compare the application of different types of inlet BC using
a truncated arterial tree and a patient-specific lower-limb model of a femoral
bypass. We show that with this new boundary condition, a much better fitting
is observed on the shape and intensity of the simulated pressure and velocity
waves.
3.1 The mathematical model
Subsection 3.1.1 presents the one-dimensional model of the human arte-
rial network, which is a system of non-linear partial differential equations. In
order to present different inlet boundary conditions, we briefly recall the cha-
racteristic analysis of the 1D blood flow equations (Subsection 3.1.2). It shows
that the solution of the system may be seen as the sum of forward and back-
ward components of the waves, as detailed in the theory of wave separation in
Subsection 3.1.3.
3.1.1 The one-dimensional model
The equations of arterial blood flow, derived by Euler in 1775 (Euler, 1775),
consider an incompressible and Newtonian fluid within an elastic tube. Their
derivation in variables (A, u, p) can be found in several articles (Olufsen et al.,
2000; Sherwin et al., 2003b). We only recall here their main assumptions: the
arterial curvature is neglected; the structural arterial properties are constant
over a section; the blood in reasonable large vessels is considered as incompress-
ible and Newtonian (so that density ρ and viscosity ν are constant); the flow
is assumed to be laminar, as the Reynolds number based on the mean blood
velocity u and vessels diameter D (Re = uD/ν) is below 2000 in all arterial
vessels.
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The equations of conservation of mass and momentum of blood flow read
as follows:
∂A
∂t
+
∂(Au)
∂x
= 0 (3.1)
∂u
∂t
+
∂(αu2/2)
∂x
+
1
ρ
∂p
∂x
+
f
ρA
= 0 (3.2)
where x is the axial coordinate along the vessel, t is the time, A(x, t) is the
cross-sectional area, u(x, t) is the mean blood axial velocity, p(x, t) is the blood
pressure over the cross section and ρ is the blood density. The second term
of the momentum equation represents the convective acceleration with α the
momentum correction coefficient which is a function of the velocity profile on
each section. In the viscous term of Eq. (3.2) (i.e. f/ρA), f represents the
friction force per unit length, and can be developed as f = (ρKR u) where
KR represents the viscous resistance of the flow per unit length of tube and is
also a function of the velocity profile. With the assumption of a flat velocity
profile, which is a quite realistic assumption for large arteries, α equals 1 and
KR takes the value 22piν (Quarteroni and Formaggia, 2003), where ν is the
constant kinematic blood viscosity. Blood parameters are considered constant
in the model : ν = 3.8e−2 cm2/s, ρ = 1.055 g/cm3 (Westerhof and Stergiopulos,
2005). This assumption of constant viscosity is acceptable: effects of red blood
cells are mainly found in the microcirculation at low shear and small diameters,
and are of little importance for the hemodynamics in large arteries.
With the assumption of a flat velocity profile, Eqs. (3.1) and (3.2) can be
rewritten in a conservative form:
∂U
∂t
+
∂F(U)
∂x
= S(U), (3.3)
with
U =
[
A
u
]
, F =
[
Au
u2
2 +
p
ρ
]
, and S =
[
0
−KR uA
]
. (3.4)
To close the system of equations, those equations are coupled with a given
pressure-area relationship p = F(A(x, t)), which describes how vessel area
varies with pressure and thus deals with the fluid-structure interaction of the
problem. In this work, as the effects of wall inertia and wall viscosity are gene-
rally assumed to be small, we will use an algebraic relation which assumes a
thin, homogeneous, incompressible and elastic arterial wall (Formaggia et al.,
1999, 2002):
p(x, t) = p0 + β(x)
(√
A(x, t)−
√
A0(x)
)
(3.5)
with
β(x) =
√
pi h0(x)E(x)
(1− σ2)A0(x) (3.6)
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where p0 is the diastolic transmural pressure, E is the elastic Young’s modulus
and h0 is the wall thickness. The subscript 0 indicates that the variables are at
the diastolic state. σ is the Poisson’s ratio, typically taken to be σ = 1/2 since
biological tissue is practically incompressible. β(x) accounts for the material
properties of the elastic vessel.
A tube law relation is derived from a mechanical model of the vessel wall
displacement. Here, Eq. (3.5) is derived by assuming instantaneous equilibrium
by Laplace’s law. Other relations may be adopted as well (Quarteroni and For-
maggia, 2003), such as an exponential relationship between pressure and area
(Hayashi, 1980) or an arctangent model (Langewouters et al., 1984). Though,
in the range of physiological values of pressure and cross-sectional area, these
relations are quite close (Marchandise et al., 2009).
The pulse wave velocity (PWV) c is defined as
c(x) =
√
A
ρ
∂p
∂A
, (3.7)
and, by using the Moens-Korteweg equation (Eq. (A.12), Appendix A), can be
related to the material properties β(x) :
c(x) =
√
β(x)
2ρ
A1/4(x). (3.8)
3.1.2 Characteristic analysis
In order to explain the computation of the upwind flux and the implementa-
tion of the presented inlet BC, it is necessary to recall some main results of the
characteristic analysis of Eq. (3.3). Let us rewrite system (3.3) in quasi-linear
form:
∂U
∂t
+ H(U)
∂U
∂x
= S(U), (3.9)
where,
H =
[
u A
c2/A u
]
, S =
[
0
−KR uA − 1ρ
(
∂p
∂β
∂β
∂x +
∂p
∂A0
∂A0
∂x
) ]
. (3.10)
The matrix H has two real eigenvalues λf,b = u ± c and can be written as
H = L−1ΛL, with:
L = ζ
[
lT1
lT2
]
= ζ
[
c/A 1
−c/A 1
]
, Λ =
[
λf 0
0 λb
]
, (3.11)
with an arbitrary scaling factor ζ. For typical values of blood velocity u and
PWV encountered in arteries under physiological conditions (u c), we have
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that λf = u + c > 0 and λb = u− c < 0. Pressure and velocity waveforms
propagate forwards at speed λf and backwards at speed λb. At any point of the
arterial system, the pressure, velocity and flow measurements are a combination
of many forward and backward running fronts.
Results of the characteristic analysis will be used to compute the numerical
flux at the boundaries and interfaces (Fe), as described in Section 3.2. At these
points, we make the reasonable assumption to cancel the spatial derivatives of
β and A0 and to neglect the viscous resistance (S = 0 in Eq. (3.9)). This is a
reasonable assumption as it only applies at a few discretisation points: at the
inlet and outlet of the 1D model as well as at the few interfaces between the
discrete elements representing the 1D geometry (Sherwin et al., 2003b). We
recall that these assumptions are not applied in the global resolution on every
element Ω.
By defining the characteristic variables as:
dW = L dU, (3.12)
the system of equations (3.9) may be decoupled in two equations of the cha-
racteristic variables (Sherwin et al., 2003b):
∂Wf,b
∂t
+ λf,b
∂Wf,b
∂x
= 0. (3.13)
The characteristic variables Wf,b can be determined by integrating the dif-
ferential system. For a particular choice of integration domain and using the
pressure-area law defined in Eq. (3.5), we can derive an explicit form of W :
Wf,b(x, t) = u± 4c = u(x, t)± 4
√
β(x)
2ρ
A1/4(x, t). (3.14)
Finally, the primitive variables A and u can be computed using the information
from the characteristic variables (denoted with the upper-script c):
Ac =
[
(Wf −Wb)
4
]4(
ρ
2β
)2
, uc =
Wf +Wb
2
. (3.15)
3.1.3 Wave separation
Waves are composed of forward- and backward-propagating components.
The interaction of these wavefronts creates the observed velocity and pressure
(or area) waves:
dp = dpf + dpb, du = duf + dub, (3.16)
On basis of the work of Parker and Jones (1990) presented following the ap-
proach of Alastruey (2006), we will recall the derivation of the equations gov-
erning these forward and backward components of pressure and velocity.
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According to Eq. (3.12) the variation of the characteristic variables dW is
related to the variation of area and velocity (dU):
dW = L dU =
[
c/A 1
−c/A 1
]
.d
[
A
u
]
=
[
c
AdA+ du− cAdA+ du
]
(3.17)
If one considers that β and A0 are constant in the neighborhood of the mea-
surement site, Eq. (3.7) yields c = Aρc
dp
dA , so that Eq. (3.17) produces:
dWf,b = du± dp
ρc
(3.18)
This equation can be solved for dp and du:
dp = ρc
dWf − dWb
2
(3.19)
du =
dWf + dWb
2
. (3.20)
The characteristic variable propagates information in a unique direction: as
λf > 0, Wf propagate changes in pressure and velocity in the forward direction,
while Wb propagate them backwards (λf < 0). Therefore, based on Eq. (3.19),
the forward dpf and backward dpb contributions to dp are
dpf = ρc
dWf
2
dpb = −ρc dWb
2
(3.21)
Similarly, from and Eq. (3.20), the forward duf and backward dub contributions
to du are
duf =
dWf
2
dub =
dWb
2
(3.22)
By substitution of Eq. (3.18) into the four previous relations, the forward and
backward time changes in pressure and velocity can be computed:
dpf,b = ± ρc
2
(
du± dp
ρc
)
(3.23)
duf,b =
1
2
(
du± dp
ρc
)
(3.24)
Comparison of Eqs. (3.23) and (3.24) gives the very simple water hammer
equation,
dpf,b = ±ρc duf,b (3.25)
previously used in the application of the PU-loop method for PWV estimation
(Chapter 2, Section 2.3.1).
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Finally, the forward and backward components of the pressure and velo-
city waveforms can be determined by summing the instantaneous differences of
Eqs. (3.23) and (3.24) over a time t:
pf (t) = p0 +
t∑
0
dpf , pb(t) =
t∑
0
dpb, (3.26)
uf (t) = u0 +
t∑
0
duf , ub(t) =
t∑
0
dub, (3.27)
where the integration constants are the pressure and velocity at diastolic state,
p0 and u0 respectively.
The opposite signs of the incremental backward components dpb and dub
(Eqs. (3.23) and (3.24)) explain why pressure and velocity waves present diffe-
rent shapes. Pressure components add to generate the complete wave, while
the backward velocity component is subtracted from the forward one in order
to generate the velocity wave. This is illustrated on Fig. 3.1 with the wave
decomposition of in-vivo pressure and velocity waves into their forward and
backward components. The physiological signals, described in Section 3.4.2,
have been measured on the common femoral artery of a patient operated for
lower-limb bypass surgery.
The separation method is based on the linearising assumption that inter-
secting forward and backward waves are additive. Furthermore, it neglects the
viscous dissipation. These assumptions have been relaxed by Pythoud et al.
(1996) who showed that the friction and fully non-linear corrections were small
(∼ 5%) and compared well with the accuracy of in-vivo measurements.
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Figure 3.1 – Decomposition of in-vivo pressure (left) and velocity (right) signals
(in black line) into their forward (grey) and backward (dashed grey) compo-
nents.
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3.2 The numerical resolution
The discrete model of the blood flow equations can be established using
different numerical schemes, e.g. finite differences, finite volumes, continuous
or discontinuous Galerkin finite elements. Whatever the method, similar steps
need to be achieved. For the sake of clarity, we recall those briefly hereunder.
The weak form of the system is obtained by multiplying Eq. (3.3) by a test
function1 φˆ, integrating over the domain Ω and using the divergence theorem:∫
Ω
∂U
∂t
φˆ dx−
∫
Ω
F
∂φˆ
∂x
dx+
∫
∂Ω
F φˆ·n =
∫
Ω
S φˆ dx ∀φˆ, (3.28)
where ∂Ω is the boundary of the domain Ω and n is its normal vector. The
domain Ω is subdivided into a mesh of N elements Ωe = [xe, xe+1], e = 0, ..., N
on which dei discrete nodes (degrees of freedom) are defined. As an example,
Fig. 3.2 shows the 1D discretization for the discontinuous Galerkin finite ele-
ment method (DG), with a polynomial test function φˆ of order p = 2 and
p+ 1 = 3 degrees of freedom per mesh element. For this method, the variables
can be discretized in each element using the test functions φˆ: Ue =
∑p
i=0 U
e
i φˆ
p
i .
Figure 3.2 – One dimensional discretization for the discontinuous Galerkin
method. Mesh of N elements Ωe = [xe, xe+1] (e = 0, ..., N), on which the
unknowns Ue are discretized with a polynomial test function of order p = 2
and 3 discrete nodes dei per mesh element.
Let us consider more specifically the third term of Eq. (3.28). This term
needs to be computed at the inlet and outlet boundaries. When using numerical
methods for which the flux F is not uniquely defined at the mesh interfaces
∂Ωe, this term also needs to be computed at all the mesh interfaces. In order
1. In the case of finite differences, the test function φˆ = δ(n), with δ(n) being the Dirac
distribution, for finite volumes φˆ = 1 and for Galerkin finite elements φˆ are the basis function
of Lagrange type.
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to compute this third term, we have to supply a numerical flux formula Fe at
these particular interfaces:
Fe =
[
Aeue
(ue)2
2 +
p(Ae)
ρ
]
, (3.29)
where Ae and ue are the variables computed at the interfaces. Different methods
can be used to compute this numerical flux Fe at the interfaces: e.g. Lax flux,
characteristic-based upwind flux, approximate Roe’s Riemann solver (Marchan-
dise and Flaud, 2010; Marchandise et al., 2006). In this work, the numerical
flux Fe is computed as a characteristic-based upwind flux. As described in
Subsection 3.1.2, some assumptions are required in order to solve the charac-
teristic system (Eq. (3.9)). These assumptions are reasonable and only apply
at a few discretisation points: at the inlet and outlet of the 1D model as well
as at the few interfaces between the discrete elements representing the 1D geo-
metry (discontinuities, junctions) (Sherwin et al., 2003b). We recall that these
assumptions are not applied in the global resolution on every element Ω.
In this work, we have discretized the system (3.3) along with the pressure-
area relationship (Eq. (3.5)) with a high order discontinuous Galerkin finite
element method with a characteristic-based upwind flux and a Runge-Kutta
time-integration scheme. The RK-DG scheme is suitable for the hyperbolic
blood flow equations because it can propagate waves of different frequencies
without suffering from excessive dispersion and diffusion errors. Further details
on this numerical method can be found in Marchandise et al. (2006).
Framework of computation
The numerical resolution of this problem is integrated into the numeri-
cal platform ARGO, developed jointly at the UCL (Louvain-la-Neuve, Bel-
gium) and at CENAERO (Gosselies, Belgium). Our biofluid application con-
sists of a 1D application of this fluid mechanics code, developed in C++ lan-
guage. The generation of the 1D mesh is performed in the open-source software
GMSH (Geuzaine and Remacle, 2009).
The time step of computations was 10 ms. Arterial segments were divided
into non-overlapping elements of length equal to 2 cm (when physically possible)
and were given a polynomial order of 3. The running time for one simulation
is less than 5 minutes.
Finally, let us notice that we have collaborated in the integration of this 1D
biofluid application into the platform GMSH (under development) which offers
the resolution of numerous applications in computational fluid dynamics.
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3.3 The boundary conditions
The characteristic analysis and the fact that blood flow in arteries is sub-
critical (u  c) lead to the conclusion that only one BC has to be imposed
at each end of the 1D model. In the following, values that are prescribed are
represented with an over-bar (e.g. velocity u¯(t)).
This section describes the different types of boundary conditions encoun-
tered in our 1D model: the inlet, outlet and junction elements. In this study, we
particularly emphasize on the computation of the inlet boundary condition for
a truncated arterial network. Based on the previous characteristic analysis, we
introduce the reflecting and absorbing inlet BC with either a prescribed total
wave or forward wave.
3.3.1 Inflow boundary conditions
Fig. 3.3 depicts the implementation of two different types of inlet BC. The
inlet boundary is represented by a double line that separates the first element
Ω0 on the right and, on the left, outside the arterial domain, a virtual region
Ω∗. At each time step of the resolution, (A1, u1) represents the current value
of the variables at the first degree of freedom of Ω0 (d
0
1). At the interface,
the numerical flux Fe=0 is computed using some specific values for the vari-
ables at the interface Ae=0 and ue=0. These variables can be computed using
the information carried by the two characteristic variables Wf and Wb joining
at the interface. Two different ways of computing those specific values define
two different weak boundary conditions: reflecting or non-reflecting BC, also
called absorbing BC. In the following, we describe how these two ways can be
implemented and combined with different prescribed values.
Prescribing reflecting boundary conditions
This is achieved by imposing one of the two variables at the inlet as follows:
Ae=0 = A¯(t) or ue=0 = u¯(t) or Ae=0 = A(p¯(t)), the other variable being
taken from the interior of the computational domain. Fig. 3.3(a) shows an
example of reflecting velocity (RV) boundary condition that is defined by taking
ue=0 = u(t) and Ae=0 = A1. With this reflecting BC, waves arriving at the inlet
interface are reflected back into the computational domain. This type of BC
permits to model aortic valve closure (Matthys et al., 2007; Urquiza et al.,
2006) but is also used by default in many truncated arterial domains (Raines
et al., 1974; Balar et al., 1989; Alastruey et al., 2007; Bertolotti and Deplano,
2000; Leguy et al., 2010).
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(a) (b)
Figure 3.3 – Implementation of the inlet boundary condition. The double line
represents the inlet boundary that separates the virtual region Ω∗ and the first
element Ω0. (A1, u1) represents the current value of the variables at the first
degree of freedom of Ω0 (d
0
1). F
e=0 is the numerical upwind flux computed on
the boundary x = x0. (a) Reflecting velocity BC: the prescribed velocity u¯ is
directly imposed at the inlet interface. Spurious reflections (dashed arrows) are
observed at the interface. (b) Absorbing velocity BC: the prescribed velocity u¯
is weakly enforced through the forward characteristic Wf |x0 .
Prescribing absorbing boundary conditions
In this type of BC, the interface variables Ae=0 and ue=0 will be computed
from an imposed forward characteristic variable Wf and a computed backward
characteristic variable Wb using Eq. (3.15). Imposing a prescribed value through
the forward characteristic variables Wf can be achieved as follows. Following
Hedstrom (1979), Wf should be computed as a constant incoming characteristic
variable in order to ensure absorption of the waves:
dWf
dt
∣∣∣∣
x0
= 0. (3.30)
A constant value for Wf can be achieved by computing Wf as a function of
the prescribed variable and as a function of a constant backward characteristic
Wb0 = Wb(t = 0). For example (see Fig. 3.3(b)), prescribing an absorbing
velocity BC (AV) can be done by re-arranging Eq. (3.15) and imposing the
forward characteristic as follows:
Wf (t)|x0 = 2 u¯(t)−Wb0. (3.31)
It should be noted that even if the incoming characteristic at the inlet Wf still
varies in time (u¯ is a function of time), it can be considered as constant since
|u¯(t)|  |Wb0| (Thompson, 1987). In Eq. (3.31), the constant outgoing charac-
teristic Wb0 is computed with Eq. (3.14) using the variables at the interior of
the computational domain (A1, u1) at time t = 0 . The backward characteristic
Wb(t)|x0 is also computed from (A1, u1) but taken at time t.
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With this absorbing BC, the resulting numerical velocity at the inlet is not
equal to the prescribed velocity u¯: the velocity is imposed through the forward
characteristics. However, waves coming from the distal regions will be perfectly
absorbed in the numerical simulations without any spurious reflections. This
absorbing BC is used for modeling the open condition of the aortic valve in
Sherwin et al. (2003b); Formaggia et al. (2006).
It should be mentioned that the procedure to prescribe an absorbing pres-
sure, area or flow rate instead of the velocity is identical (Mynard and Nithiarasu,
2008; Marchandise et al., 2009). As prescribing a flow rate is a classical way to
define inlet boundary conditions for 3D-FSI blood simulations, the presented
method can be easily extended for those 3D simulations. For example, in order
to prescribe an absorbing flow rate, the imposed forward characteristic could
be computed using the assumption of a constant area at the inlet A(t) = A1:
Wf (t)|x0 = 2
Q¯(t)
A1
−Wb0. (3.32)
Prescribing the forward component of the variable in an absorbing
way
Considering that the model produces physiological reflected waves at out-
lets, bifurcations and discontinuities, prescribing the forward component of a
variable in an absorbing way presents great improvements in the shape of the
computed waves. Indeed, the reflected waves computed by the model superpose
with the prescribed forward wave to give the total initial wave. This BC can
be implemented easily by replacing u¯ by the forward component of the velocity
u¯f in Eq. (3.31), while u¯f is computed from given velocity and pressure fields
(u¯, p¯) using Eqs. (3.24) and (3.27). The imposed forward characteristic Wf then
reads as follows:
Wf (t)|x0 = 2 u¯f (t)−Wb0. (3.33)
This approach has been recently used in the work of Mynard et al. as inlet
BC in the ventricle (Mynard and Nithiarasu, 2008; Mynard et al., 2010) but
is still not very common for most of the blood flow simulations presented in
the literature. We intend to put to the fore the importance of this BC through
some 1D-0D applications (cfr Section 3.4).
3.3.2 Outflow boundary conditions
Because the complete arterial network is too large and complex to be mo-
deled with one-dimensional elements, zero-dimensional equations are used to
describe the behaviour of secondary networks such as small arteries, arterioles
and capillaries. These lumped models also represent the interface with the ve-
nous network. In this work, we use an electrical analog model which models the
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effect of the wall compliance and the fluid resistance of the distal vessels on the
propagating waves: the 0D windkessel model.
Originally introduced by Otto Frank, windkessel models are lumped models
of the entire systemic arterial tree and mimic the load on the heart (Frank,
1920; Westerhof et al., 2009). Based on the observation that the diastolic decay
of aortic pressure can be described by an exponential curve when flow is zero,
the two-element windkessel models is initially composed of a resistance R and
a compliance C in series. The time constant of the pressure decay is then
described by τ = RC. The resistance characterise the opposition of the distal
vasculature to blood flow. The compliance is determined by the elasticity of
the arterial wall and represents the capacitive effect of the distal network to
regulate flow variation.
This two-element model explained the decay in diastole but fell short in sys-
tole. Thanks to developments in frequency analysis, the characteristic impedance
of the aorta Zc was introduced as a third element of the windkessel model
(Westerhof et al., 1971). Zc accounts for the local inertia and local compli-
ance of the very proximal ascending aorta. This characteristic impedance can
be seen as a link between the lumped windkessel model and the wave travel
aspects of the arterial system. Zc equals ρc/A and has the same dimension as
a resistor (m−4 kg s−1). It is therefore often represented as the resistor R1.
This representation causes error in the estimation of the resistance R + Zc,
which is relatively small though (Stergiopulos et al., 1994), and error in the low
frequency range of the input impedance.
This three-element windkessel model (R1 C R2) has been largely used as
outlet boundary condition to model distal parts of the arterial network (Raines
et al., 1974; Olufsen, 1999; Stergiopulos et al., 1992). It accounts for the cumula-
tive resistive and compliant effects of all distal vessels (small arteries, arterioles
and capillaries) beyond a terminal site. It is composed of the resistance R1 in
series with a parallel combination of the resistance R2 and the compliance C
(Fig. 2.12, Chapter 2). The total resistance R of the vascular bed is given by
R1 +R2.
Let us define pin and Qin as the pressure and flow rate at the entrance of
the windkessel model, which values are given by the 1D formulation. pC is the
pressure across C. The pressure at the outlet of the windkessel model, pout,
represents the venous pressure. Each compartment of this analog circuit can be
described by electrical relations. The first resistance R1 is governed by:
Qin =
pin − pC
R1
, (3.34)
and the second compartment CR2 by equations:{
C dpcdt +Qout −Qin = 0
R2Qout + pout − pC = 0.
(3.35)
3.3. The boundary conditions 73
These relations can be summarized into the following differential equation:
pin +R2 C
dpin
dt
= pout + (R1 +R2)Qin +R1R2 C
dQin
dt
. (3.36)
The coupling between the RCR model to the 1-D terminal branch requires
to determine pC by solving a first-order time discretisation of the conservation
of mass in the capacitance (Alastruey, 2006).
Furthermore, the value of the first resistance R1 is fixed to the characteristic
impedance R1 = ρc0/A0, in order to allow incoming waves to reach R2 and C
without being reflected by R1 (Alastruey et al., 2008).
3.3.3 Bifurcation and discontinuity treatment
While arterial bifurcations are largely present in the complete arterial net-
work, discontinuities in material properties are less frequent in healthy arte-
ries. Though, in the particular application of bypasses, the introduction of a
synthetic rigid graft induces important mismatch in the geometry and elastic
properties of the vessels. Both cases, bifurcation and discontinuity, require the
resolution of a specific system of equations at these boundaries.
Consider the arterial bifurcation on Fig. 3.4 where we denote the parent
vessel by index 1 and the daughter vessels by the indexes 2 and 3. We need to
determine the values of the six variables (A,u) in all vessels: (A1, u1), (A2, u2),
(A3, u3). Therefore, a system of six equations need to be solved.
(A1, u1) s
(A2, u2)s
(A3, u3)s
W 1f
W 2b
W 3b
Figure 3.4 – Layout of an arterial tree bifurcation
From its decomposition (3.13) into characteristic variables Wb and Wf , the
system can be described in terms of forward and backward waves. Information
from the characteristic can only reach the bifurcation from within the vessel, i.e.
within the parent vessel, information will reach the bifurcation by a forward-
travelling wave W 1f , while within the daughter vessels information will reach
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the bifurcation by a backward-travelling wave W 2b or W
3
b . The first three equa-
tions of the Riemann problem are obtained by imposing that these incoming
characteristic variables in each vessel remain constant (Sherwin et al., 2003b):
W 1f = u1 + 4c1 = u1 + 4
√
β1
2ρA
1/4
1 (3.37)
W 2b = u2 − 4c2 = u2 − 4
√
β2
2ρA
1/4
2 (3.38)
W 3b = u3 − 4c3 = u3 − 4
√
β3
2ρA
1/4
3 (3.39)
Three independent equations are obtained from the conservation of mass and
continuity of the total pressure Pt = p+
1
2ρu
2 at the interface:
Q = u1A1 = u2A2 + u3A3 (3.40)
Pt = p1 +
1
2
ρu21 = p2 +
1
2
ρu22 (3.41)
Pt = p1 +
1
2
ρu21 = p3 +
1
2
ρu23 (3.42)
This non-linear system of 6 equations is resolved using a Newton-Raphson
method. The solution of this Riemann problem is used to calculate an upwind
flux Fe at this junction in the numerical discretisation, as described in Section
3.2.
Similarly, in case of discontinuities between the arterial properties of two
consecutive segments (elasticity or area), constant incoming characteristics are
enforced and the conservation of mass and continuity of total pressure are
prescribed. A non-linear system of four equations is then resolved and allows
the computation of an upwind flux.
3.4 Applications of the forward absorbing inlet
boundary condition
In both test cases presented in this section, we have chosen to prescribe a
velocity profile at the inlet BC. This choice does not influence the conclusions
about the most adequate type of BC. Similar results are obtained when pressure
or area are prescribed.
The first example compares the hemodynamics in a complete arterial tree and
in parts of it, when different types of BC are used. The second example is a
clinical application that emphasizes the influence of the inlet BC on the shape
and intensity of the computed hemodynamic waves.
3.4.1 Test case 1: Arterial tree vs upper- and lower-limb
In this first test case, we show that a truncated geometry of a human arterial
model is able to reproduce similar results as a complete arterial tree does; as
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long as appropriate inlet BC is chosen. Two truncated arterial networks are
considered: the lower-limb and the upper-limb. The approach is described for
the lower-limb network and is identically applied to the upper-limb.
We compare here the waveforms computed with two different models: the
complete 1D model with 55 arteries developed by Stergiopulos et al. (1992)
and part of this arterial tree (the left lower-limb) (Fig. 3.5). In both models,
properties of the arteries (geometry, elasticity) and outlet BC (0D windkessel
models) are taken from the literature (Stergiopulos et al., 1992; Reymond et al.,
2009). Following Sherwin et al. (2003b), a periodic half sine wave is imposed
in a reflecting way at the inlet of the arterial tree, the ascending aorta. At
the inlet of the leg, the external iliac (point (a) in Fig. 3.5), different ways
of imposing an inlet velocity BC are compared. They are all based on the
computed hemodynamics at the external iliac of the complete arterial model.
The four inlet BC of the reduced model are:
– the total velocity imposed in an absorbing way (AV),
– the total velocity imposed in a reflecting way (RV),
– the forward component of the velocity imposed in an absorbing way (AV-
Fwd),
– the forward component of the velocity imposed in a reflecting way (RV-
Fwd).
Fig. 3.6 compares the computed pressure and velocity waves at the posterior
tibial artery in the leg (point (b) in Fig. 3.5) and in the arterial tree (considered
as the reference). Imposing the velocity wave in AV or RV does not accurately
reproduce the reference signal. Instead, imposing an AV-Fwd boundary condi-
tion gives a much more accurate fitting in shape and intensity. The last BC,
RV-Fwd, gives results that over-estimate the reference signal as waves are re-
flected back again at the inlet.
Similar results are obtained with the upper-limb arterial network, truncated
at the subclavian artery. Comparisons of computed pressure and velocity waves
at the ulnar artery are shown on Fig. 3.7. The efficiency of the forward absorbing
inlet BC is also observed for this arterial site, more proximal to the heart.
3.4.2 Test case 2: An in-vivo lower-limb patient-specific
application
The second test case focuses on a patient-specific application with in-vivo
pressure and velocity measurements. The lower-limb network of a pathological
subject suffering from atherosclerosis is studied. Due to the occlusion of the su-
perficial femoral, popliteal and anterior tibial arteries, the patient was treated
with a femoro-posterior tibial bypass surgery (6 mm diameter Gore-Tex syn-
thetic graft).
The 1D-0D model of the lower-limb includes four vessels modeled as one-
dimensional segments: the common femoral artery (CF), the deep femoral
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Figure 3.5 – Sketch of the two models: the arterial tree made of 55 arteries (left)
and the lower-limb with identical parameters (right). The velocity waveforms
from the external iliac (a) are depicted: the velocity wave (black line) and its
forward component (grey line). They are inserted as inlet boundary condition
in the model of the leg. Comparison of the hemodynamics is performed in the
posterior tibial (b).
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Figure 3.6 – Comparison of the pressure p (left) and velocity u (right) in the
posterior tibial artery. The waves computed in the arterial tree are considered
as the reference (black solid line). They are compared with the results obtained
in the model of the leg with four different inlet BC: the velocity imposed in an
absorbing way (AV) (dark grey dashed line) or in a reflecting way (RV) (dark
grey solid line), the forward component of the velocity imposed in an absorbing
way (AV-Fwd) (red dash-dot line) or in a reflecting way (RV-Fwd) (light grey
solid line). The AV-Fwd inlet boundary condition presents a perfect fitting with
the reference waves.
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Figure 3.7 – Pressure p (left) and velocity u (right) in the ulnar artery: com-
parison between the complete arterial network and the truncated model of the
arm with four different inlet BC. See Fig. 3.6 for the legend of curves. The
AV-Fwd inlet boundary condition presents a perfect fitting with the reference
waves.
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artery (DF), the bypass conduit (BP) and the posterior tibial artery (PT)
(Fig. 3.8). As outlet BC, zero-dimensional RCR-windkessel models represent
the peripheral arterial networks: one is distal to the deep femoral and the other
is distal to the posterior tibial artery. The inlet BC, a velocity profile, is pres-
cribed at the CF.
Physiological data
In order to evaluate the properties of the patient-specific model, measure-
ments were performed during the surgery just after the bypass was implanted,
on the four vessels of the leg (red points in Fig. 3.8). The patient (male, 79
years old, patient #15) gave his full agreement for taking part into this study.
For this subject, the first protocol of data acquisition was used, as described
in Section 2.1 of Chapter 2. Pressure profiles were acquired invasively with
a pressure catheter. Velocity profiles and mean diastolic diameters were mea-
sured using B-mode Doppler ultrasonography. The rigidity of the vessel walls
was described with the PWV using Eq. (3.8), and PWV was computed using
the PU-loop method. For outlet BC, resistances were computed as the ratio of
mean pressure to mean flow while compliances were obtained using the expo-
nential fitting method. All the methods for the determination of the parameters
are described in Section 2.3, Chapter 2.
All parameters describing the patient-specific model for the subject consi-
dered here (Patient #15) are displayed in Appendix B.
Inlet boundary condition
Similarly to the first test case, we have run our 1D-0D model with four
different kinds of velocity BC: the in-vivo velocity u imposed in an absorbing
way (AV), in a reflecting way (RV), the forward component uf imposed in an
absorbing way (AV-Fwd) and in a reflecting way (RV-Fwd). Fig. 3.1 presents
the decomposition of the in-vivo pressure and velocity waveforms in the CF
artery into their forward (uf , pf ) and backward (ub, pb) components. It shows
the velocity waveforms used as inlet BC : u, the in-vivo velocity and uf , its
forward component. These two waveforms differ remarkably in intensity and
in shape. The forward waveform does not present the fluctuations observed
in the complete velocity wave, such as the negative backflow at the end of
the diastole. Furthermore, we may observe that its shape is very close to the
pressure waveform p.
The RV-Fwd BC does not converge after several cardiac cycles: due to
added up reflections at the inlet, pressure signals increase towards infinite va-
lues (Fig. 3.9, left). The RV BC converges but does not produce physiological
pressure results: after stabilization (around 10 cycles), pressure reaches 150 to
300 mmHg (Fig. 3.9, right).
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Figure 3.8 – The 1D-0D model of the lower-limb arterial network of subject #15.
The main arteries of the leg are depicted: the common femoral (CF), the deep
femoral (DF), the superficial femoral (SF), the popliteal (PO), the anterior
tibial (AT) and the posterior tibial arteries (PT). The occluded arteries (in
dashed line) are bypassed by the synthetic graft (BP, in grey). Blood pressure
and blood velocity, arterial diameter are measured at the CF, DF, PT and in
the bypass (red points). The 1D model (including the four arteries CF, DF,
BP and PT) is bounded at its outlets by RCR-windkessel models. Velocity
waveform is applied at the inlet of the arterial network.
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Results obtained with the two absorbing BC are shown in Fig. 3.10. The
AV-Fwd model produces waveforms that fit the in-vivo measurements very well.
This is especially true for the intensity and shape of the pressure results. With
the AV model, the shape of the pressure result reproduces the shape of the
velocity waveform imposed at the inlet.
In-vivo velocity measurements are also better reproduced when the AV-Fwd
model is used. Though, some discrepancies between curves can be observed
in the DF and BP. These differences may come from uncertainties in in-vivo
measurements and parameters computation.
In comparison to the classical absorbing inlet boundary condition, imposing
the forward component of velocity, area or pressure for the inlet BC manages
to produce physiological pressure and velocity waveforms and should be used
for truncated 1D models. The main reason for this comes from the fact that
reflected pressure waves are positive while reflected velocity waves are negative.
Addition or subtraction of the reflected waves from the forward waves permits
to create various shapes and intensities of the resulting waves. Furthermore, as
every reflected wave is absorbed while it arrives at the inlet of the arterial path,
their effect is taken into account only once in our model. For partial arterial
tree model, this is closer to the reality. Notice that some smaller reflections
may travel through the whole arterial path and be reflected again at the aortic
valve or iliac bifurcation (Alastruey et al., 2009). Even though, these re-reflected
waves only induce limited difference in the lower-limb results, as observed in
the test case 1 (Fig. 3.6).
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3.5 Discussion
This chapter has presented the coupled 1D-0D mathematical and nume-
rical model used in this work for blood flow simulation. Furthermore, it has
focused on the prescription of the inlet boundary condition. Different formula-
tions to prescribe inlet boundary conditions have been presented together with
two applications of one-dimensional blood flow simulations. Specific attention
has been devoted to truncated arterial networks models that do not include the
heart as wave generator. We have shown that, in such truncated models, the
most relevant inlet BC is the following: prescribing the forward component of
the variable of interest (velocity, pressure or flow), while enforcing the absorp-
tion of the backward waves arriving at this inlet. Waveforms computed in this
way present physiological shapes and intensities that compare very well with
in-vivo pressure and velocity measurements.
While the implementation of the numerical method is simple, a difficulty
may arise in the data acquisition. Indeed, pressure and velocity signals need to
be acquired simultaneously at the location of interest in order to compute the
forward components by wave separation. In practice, velocity measurements
may easily be acquired using Doppler ultrasound and pressure signals with
tonometry. Another non-invasive method is to use a combined Doppler and
echo-tracking system and to consider a linear or exponential relation between
arterial diameter and pressure (Vermeersch et al., 2008). Nevertheless, this
method should be applied with care as this assumption may not be true at
distal sites and in pathophysiological conditions.
Despite these acquisition constraints, we are convinced that, when modeling
subject-specific hemodynamics, it is preferable to impose this local inlet BC
rather than to model the whole arterial tree (i.e. this implies computing all its
parameters and imposing the inlet BC at the heart). Indeed, modeling the whole
arterial tree increases the computational complexity as well as the amount of
patient-specific parameters.
In the applications, we have focused on the lower-limb region and have
shown the efficiency of the method at that distal site. Extrapolation of the
method to sites that are proximal to the heart is also shown for the arm and
presents similar conclusions. As the geometry at the level of the heart is quite
complex, the shape of the hemodynamic waves fluctuates greatly from the aorta
to its children vessels. This indicates that backward reflections are already of
importance, suggesting the use of the inlet BC described in this work.
Enforcing the complete absorption of the waves at the level of the inlet
has proven more efficient than enforcing their reflection. Though, it does not
take into account the fact that reflected waves exiting the domain might be
reflected again at the closed aortic valve and might re-enter the computational
domain (Alastruey et al., 2009).
Considering its efficiency to describe the wave propagation in the arterial
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network, this work focuses on the 1D-FSI model of blood flow. It should be
noted however that the inlet BC we suggest is general and could be used for
3D-FSI blood flow simulations as well. Indeed, we observe similar results in
terms of wave propagation. As long as pertinent outlet BC are chosen in the 3D
model, physiological reflected waves will be created and will propagate towards
the inlet of the domain. Their behavior will be similar to the one observed in
1D-0D models. By applying the inlet BC described in this work, forward and
backward waves will interact and produce a physiological behavior at the inlet.

CHAPTER 4
Validation and sensitivity analysis
of the 1D-0D model
Mathematical and numerical models are designed in order to help scientists
better understand an observed phenomena, whatever its nature (e.g. physical,
meteorological or economical). Once the model is defined, its performances need
to be assessed. The validation of the model aims at evaluating its efficiency and
accuracy by comparing its numerical results with a set of observed data from
the studied phenomena. This validation is successful if the model reproduces
these observations within the limits of the objectives and hypotheses defined
beforehand. Then, once a model is validated, it becomes a useful tool to eva-
luate the behaviour of the studied phenomena while it is subjected to some
modifications, as long as those remain within the given hypotheses.
A mathematical model is composed of relations between variables of inte-
rest. Terms of these equations might be balanced by some parameters which
values need to be fixed when running the model. In order to better understand
the model developed, the sensitivity of the model to these parameters can be
studied. Furthermore, this analysis allows to determine the most sensitive pa-
rameters which value should be determined more precisely.
The first aim of this chapter is to validate the coupled 1D-0D model of
blood flow in arteries presented in Chapter 3. The hemodynamical simulations
from the model will be confronted with in-vivo measurements performed in
the arteries of bypassed legs of patients. As the hemodynamics in pathological
arteries greatly fluctuates between subjects, the model is designed to produce
patient-specific results. This characteristic is achieved by fixing the value of the
model parameters so that they are representative of the physiological condition
of the patient. The inlet boundary condition of the model is also derived from
The content of this chapter will be submitted in: Willemet M., Lacroix V., Marchan-
dise E., Validation and sensitivity analysis of a coupled 1D-0D model of the arterial hemo-
dynamics in bypassed lower-limbs. Medical Engineering & Physics.
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in-vivo measurements. Because measurements we have at our disposal focus on
the lower-limb, we will consider a truncated arterial model; the 1D model will
be limited to the arteries of the upper leg. Another hypothesis of the validation
is to consider only post-operative conditions, i.e. once the bypass is inserted in
the patient’s leg and that blood flows to the distal arteries. The modeling of
a pre-operative condition (with a long section of the arterial path occluded) is
indeed different as it is based on other modes of blood displacement (perfusion)
through small collateral arteries and arterioles, and will not be considered in
the framework of this work.
In recent years, coupled 1D-0D models of the arterial hemodynamics have
been largely developed. Though, the study of their validation has been mostly
restrained to healthy data. Assessment of a 1D numerical model against in-vitro
measurements was performed in Matthys et al. (2007); Bessems et al. (2008);
Alastruey et al. (2011) and showed the ability of the 1D time-domain formula-
tion to capture the main features of pulse wave propagation. The ability of the
1D model to produce pressure and flow waveforms agreeing well with healthy in-
vivo measurements was shown in Reymond et al. (2009). In their work, results
from a 1D-0D model of a complete arterial tree (including the heart, cerebral ar-
teries and coronaries) were compared against in-vivo measurements performed
on healthy subjects with values of parameters taken from the literature. Simu-
lations on local parts of the arterial network were also validated against in-vivo
data, with parameters computed from in-vivo measurements (Olufsen et al.,
2000; Leguy et al., 2010). Besides these healthy validation, few studies have
focused on model validation of subjects under pathological conditions: Steele
et al. (2003) validated a 1D model of a stenosis with thoraco-thoraco bypass
in pigs by comparing flow measurements. In this work, we intend to validate a
1D-0D model of the hemodynamics (velocity and pressure) in atherosclerosed
bypassed lower-limb arteries using patient-specific parameters computed from
in-vivo data.
The second aim of this chapter is to perform a sensitivity analysis (SA) of the
coupled 1D-0D model of the bypassed lower-limb. We will study the sensitivity
of patient-specific models, i.e. use values computed from in-vivo data. This
approach has been followed in Leguy et al. (2010, 2011) when studying the
sensitivity of a coupled 1D-0D model of blood flow in arteries of the arm. In
Ellwein et al. (2008), SA of a lumped parameter model of the cardiovascular
system is performed on basis of in-vivo data from one healthy subject, and
in Pope et al. (2009), SA is also performed in a lumped cerebrovascular model
on basis of in-vivo data from 24 healthy subjects.
This chapter is organised as follows. The first aim of this chapter, the valida-
tion of the model, is described in Section 4.1; it firstly summarizes the options
of the model considered and presents the methodology followed to assess the si-
milarity between simulated and in-vivo curves. Validation results from patients
are then described, and results from some subjects are detailed. The second
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aim of this chapter, the sensitivity analysis is the main interest of Section 4.2.
Sensitivity indexes, variation ranges of the input and output parameters are
described, then global sensitivity results are presented with a focus on the in-
fluence of arterial location. The influence of some assumptions of the model
(constant viscosity, velocity profile, arterial tapering) is also detailed. The last
section of this chapter summarizes and discusses results and observations.
4.1 Validation of the model
When assessing a model based on experimental data, one must consider
the entire process of transformation of the data: from their acquisition to the
generation of the simulations. Indeed, new hypotheses, data acquisition errors,
approximations or manual interactions are present at each step of the process.
The evaluation of the performance of the numerical model requires to consider
all of these inputs. The process of transformation of the in-vivo lower-limb
raw data to the numerical simulations is presented in Fig. 4.1. In this schema,
the different inputs and outputs of the process are identified. Boxes on the
left represent the origin of the data (measurements or literature), the central
panel represents the process of transformation of the raw data towards inputs
of the model. The 1D-0D model appears in the box on the right. Variables are
represented on arrows. We use the notation [.] to represent a variable in the
four vessels (the common femoral artery (CF), the deep femoral artery (DF),
the bypass conduit (BP) and the popliteal artery (PO)), and the notation 〈.〉
to represent a variable relative to the DF and PO only. All variables are defined
in the legend of Fig. 4.1.
In this work, we aim at presenting honest results, i.e. results generated by
the model without any manual fitting to improve the validation. Some results
might therefore be disappointing. In these cases, we will discuss the differences
observed and suggest methods to improve the comparison.
We have at our disposal in-vivo data from 9 subjects in order to perform
the validation of the model. Average clinical parameters of the subjects are
presented in Subsection 2.1.3 of Chapter 2. For each patient analysed, in-vivo
measurements, bypass characteristics, computed values of the parameters as
well as simulations from the numerical model are presented in Appendix B.
This section firstly presents the materials and methods used in the validation
process: the numerical model and its parameters, the physiological data and the
tools introduced to compare in-vivo and simulated waveforms. Secondly, global
results are presented and discussed. In the third part, we analyse a few clinical
cases of patients; we detail the success or failure of the simulated waveforms in
comparison with in-vivo data.
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4.1.1 Materials and methods
The 1D-0D model
The coupled 1D-0D model considered in this work (see Chapter 3) focuses
on a truncated arterial network of the lower-limb. It comprises four vessels of
the leg, modeled as one-dimensional segments: the common femoral artery, the
deep femoral artery, the bypass conduit and the popliteal artery (Fig. 4.2). For
ease of presentation, even if the distal vessel corresponds effectively to the tibial
or peroneal artery, it will be referenced to as the popliteal artery. For example,
the distal anastomosis might be located below the knee on one of the tibial
arteries when the other one is occluded.
The arterial truncated model is limited to the popliteal artery and does not
include the two tibial and peroneal arteries for practical reasons: in-vivo data
are difficult to acquire precisely in these small and distal arteries, even with
invasive methods. Even though, lumping arteries beyond the first generation of
bifurcations into matched RCR outflow models induces a small error (< 3%)
(Alastruey et al., 2008). As outlet boundary conditions, zero-dimensional RCR-
windkessel models represent the peripheral arterial networks: one is distal to
the deep femoral and the other is distal to the popliteal artery. As inlet boun-
dary condition, a velocity profile is prescribed at the common femoral: the
forward component of the velocity is prescribed in an absorbing way. Notice
that the 10th cycle of the numerical simulation is selected for comparison. Also,
in simulated waveforms, the start of systole is delayed of about 0.1s in order to
correspond to the similar delay applied to in-vivo signals (to ease pressure and
velocity systolic synchronization).
Parameters of the model
In this work, the value of the venous pressure of the windkessel models is
fixed (pout = 20 mmHg) (Marieb, 2005; Alastruey et al., 2008). We also prescri-
be the blood density ρ = 1.05 g/cm3 and kinematic viscosity ν = 3.8e−2 cm2/s
(equivalently blood dynamic viscosity µ = 0.04 g/(cms)).
We count 18 parameters describing our 1D-0D model: the length L, diameter
D0, and pulse wave velocity c of the three arteries and of the bypass graft, the
windkessel resistance R = R1 +R2 and compliance C of the two outlet lumped
models, and the diastolic pressure p0. Even if it does not take a finite value, the
velocity waveform prescribed at the inlet can also be considered as a parameter
which is prescribed patient-specifically.
The value of these parameters is computed on basis of in-vivo measurements
performed during the bypass surgery just after bypass grafting on the four ves-
sels of the leg (see red points in Fig. 4.2). Details about the data acquisition
protocol have been described in Section 2.1 of Chapter 2. Methods to evalu-
ate the value of some of the parameters have been described in Section 2.3,
Chapter 2. We summarize these results here.
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Figure 4.2 – The 1D-0D model of the lower-limb arterial network includes four
vessels: the common femoral (CF), the deep femoral (DF), the bypass (BP) and
the popliteal (PO). The occluded superficial femoral artery (SF, in dashed line)
is bypassed by the synthetic graft (in grey). Blood pressure, velocity and arterial
diameter are measured at the CF, DF, PO and in the BP (red points). The 1D
model is bounded at its outlets by RCR-windkessel models. Forward component
of the velocity waveform is applied at the inlet of the arterial network.
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– Length of the bypass vessel corresponds to the length of the synthetic
graft inserted in the leg, or is measured on MRI images.
– Lengths of the arteries in the model are evaluated during data acquisition
as the distance from the catheter tip to the proximal or distal anastomosis.
– Mean diastolic diameters are measured using B-mode Doppler ultrasono-
graphy.
– Pulse wave velocities of arteries and bypass graft are evaluated locally
using the PU-loop.
– Windkessel resistances are evaluated as the ratio of mean pressure to
mean flow.
– Windkessel compliances are evaluated with the exponential fitting method.
– The diastolic pressure is evaluated as the minimum of the pressure cycle
over a cardiac cycle.
These methods of acquisition and computation of data appear in the sum-
mary of the process of transformation of raw data in Fig. 4.1.
Physiological data
Results from the model will be compared to in-vivo measurements of pres-
sure and velocity realized invasively during surgery, after suture of the bypass
graft. Comparison will be performed in the four arteries of the leg considered.
Ensemble average and filtering of the data is performed on the measured signals
in order to obtain a representative set of simultaneous signals for each artery
(see Subsection 2.1.2 of Chapter 2).
Comparison of curves
We intend to validate our model by comparing the hemodynamic curves
of pressure and velocity in the four vessels of interest. Therefore, each clinical
subject presents 8 couples of curves to compare. We will not consider flow rate
curves for comparison because in-vivo flow measurements are not accurate.
As we do not have distension waveform measurements at our disposal, flow
is computed as Q(t) = u(t)A0, with A0 the diastolic cross-sectional area. The
comparison with the simulated flow (Q(t) = u(t)A(t)) would lead to conclusions
almost similar to the comparison of velocities.
Pressure and velocity waveforms along the cardiac cycle are complex as
they result from lots of interactions between forward and backward waves.
Comparing two curves objectively is not obvious in view of their many features
during systole and diastole. Furthermore, as we are considering a pathological
population, we expect to observe a wide range of physiological pressures and
velocities between subjects. Unlike in Reymond et al. (2009) where healthy
data are considered, computing average values of variables on the complete
population is not pertinent.
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In this work, we will objectively describe the similarity between curves using
the following indicators.
– The vertical distance between the two curves computed as the root-mean-
square error (RMSE)  between the in-vivo (meas) and numerical (num)
waveforms (Reymond et al., 2009; Segers et al., 1997):
p =
1
N
N∑
i
√
(pmeasi − pnumi )2 u =
1
N
N∑
i
√
(umeasi − unumi )2 (4.1)
where each curve is discretised by N = 150 points during one cardiac
cycle.
Even if this index gives an estimation of the similarity between curves,
it does not allow to detect the features of the curves which are not well
simulated by the model. Furthermore, this index in influenced by the time
synchronization of the curves.
– In order to describe the results of the simulation more precisely, we define
particular attributes, or criteria, of pressure and velocity curves. The
criteria describing a pressure curve are (see Fig. 4.3, left):
1. the pressure pulse PP = psys−pdias defined as the difference between
the systolic and diastolic pressures,
2. the slope of the pressure increase during systole: p˙ = dpdt |systole,
computed as the average slope during 40% of the systolic increase
([0.2Tsys − 0.6Tsys] with Tsys the duration of the systolic phase).
The criteria of a velocity curve are (see Fig. 4.3, right):
3. the peak systolic velocity PSV ,
4. the end diastolic velocity EDV ,
5. the value of velocity at one third of the diastolic phase u∗ = u(t∗)
where t∗ is the time at one third of diastole,
6. the time of the peak systolic velocity t(PSV ).
Furthermore, we compare :
7. the time-averaged flow rate Q¯ over the complete cycle.
From the values of these 7 extracted criteria of the in-vivo and simulated
curves, we compute their difference (criteriameas−criterianum). Average ± stan-
dard deviation (SD) of the absolute value of these differences is also computed
in each artery. Notice that we consider the absolute value because differences
might be positive or negative if the numerical simulation respectively under- or
over-estimates the in-vivo measurement. Notice also that we could have used
the relative difference (as defined by Bland-Altman) instead of the simple diffe-
rence between criteria. Though, this evaluator is not efficient when considering
criteria of small amplitude and close to zero, such as the EDV . Furthermore,
it does not help the clinical interpretation of the criteria.
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Figure 4.3 – Extracted criteria from the pressure (left) and velocity (right)
curves. PP is the pressure pulse, p˙ is the slope of the pressure increase during
systole, PSV is the peak systolic velocity, t(PSV ) is the time of the PSV , u∗
is the velocity at one third of diastole, EDV is the end diastolic velocity.
4.1.2 Results (1): General observations
Comparison of pressure and velocity waveforms between numerical simu-
lations and in-vivo measurements are shown for all patients in Appendix B.
We will describe and analyse waveforms from a few representative patients in
the next subsection. Here, general observations about the performance of the
model are presented on basis of the evaluators defined above.
Data
The root-mean-square error gives information about the similarity between
simulated and in-vivo curves. In Table 4.1, averages of the pressure and velocity
RMSE by arteries are presented. Quantification of the RMSE for the four vessels
of each patient individually is shown in Fig. 4.4.
In Table 4.2, we describe the error performed by simulations from the point
of view of each criteria in the four vessels.
In order to easily evaluate the amplitude of the differences, and because
some indexes are not commonly used in practice, Table 4.3 presents the average
value of the indexes extracted from in-vivo curves of the lower-limb arteries.
As we have considered the absolute value of the difference between criteria,
we have lost the information about the direction of this difference: is the simu-
lation under- or over-estimating the in-vivo measurement? Furthermore, these
averages do not allow to quantify the performance of the model for each patient
individually. In Figs. 4.5 and 4.6, we plot for each criteria the difference in the
four vessels for the 9 patients considered.
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RMSE:
CF DF BP PO
p (mmHg) 5.8± 4.1 10.1± 6.4 10.6± 9.1 14.5± 10.3
u (cm/s) 16.5± 17.1 7.0± 4.6 8.9± 7.1 9.7± 6.1
Table 4.1 – Average ± SD in all 9 patients of the root-mean-square error
(RMSE) between measurements and simulations in the four vessels of the leg.
Average difference of criteria:
CF DF BP PO
PP (mmHg) 14.8± 16 22.2± 23.3 16± 19.9 28.3± 21.3
p˙ (mmHg/s) 182± 216 295± 265 187± 176 306± 326
PSV (cm/s) 35.3± 33.3 17.8± 12.5 16.2± 9.5 18.5± 18.1
EDV (cm/s) 11.7± 13.2 2.2± 1.7 6.2± 7.9 6.3± 7.9
u∗ (cm/s) 12.7± 15.5 7.6± 6.4 8.7± 8.7 3.6± 3.8
t(PSV ) (ms) 33.2± 36.4 29.1± 25.5 43.3± 50.1 31.5± 23.4
Q¯ (cm3/s) 6.3± 8.4 0.3± 0.3 2.2± 2.7 0.8± 1.3
Table 4.2 – Average ± SD in all 9 patients of the absolute values of the dif-
ferences between measurements and simulations for the 7 criteria in the four
vessels of the leg: mean
vessel
(‖criteriameas − criterianum‖).
Average in-vivo criteria:
Lower-limb arteries
PP (mmHg) 49± 18.9
p˙ (mmHg/s) 400± 184
PSV (cm/s) 49.1± 30.8
EDV (cm/s) 6.4± 8.3
u∗ (cm/s) 11.6± 10.8
t(PSV ) (ms) 140± 38.8
Q¯ (cm3/s) 4.3± 6.0
Table 4.3 – Average ± SD in all 9 patients of the 7 criteria extracted from
in-vivo measurements in the leg.
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Figure 4.4 – Root-mean-square error (RMSE) for pressure (p) and velocity
(u) in the four vessels of the 9 patients analysed. Results in the four arteries
of each patient (from left to right: CF, DF, BP, PO) are represented using the
same color.
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Figure 4.5 – Differences between measurements and simulations (criteriameas−
criterianum) for the 2 pressure criteria (PP , p˙) in the four vessels of the 9
patients analysed. Results in the four arteries of each patient (from left to
right: CF, DF, BP, PO) are represented using the same color.
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Figure 4.6 – Differences between measurements and simulations (criteriameas−
criterianum) for the 4 velocity criteria (PSV , EDV , u∗, t(PSV )) and the flow
criteria (Q¯) in the four vessels of the 9 patients analysed. Results in the four
arteries of each patient (from left to right: CF, DF, BP, PO) are represented
using the same color.
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Interpretation
A first general observation of Tables 4.1, 4.2 and 4.3 is that all the results
lie within a physiological range. (To recall, we observed non-physiological va-
lues of pressure when considering an inappropriate inlet boundary condition,
cfr Section 3.4.2 of Chapter 3.)
Simulation of pressure gives better results in the CF and BP rather than
in the small DF and PO arteries: averages of pulse pressure and pressure slope
criteria are both smaller in the CF and BP than in the DF and PO. These
indexes are indeed related: a greater PP implies a steeper slope. The average
RMSE is also smaller in the CF than in the other arteries (more than a double
increase of the RMSE from the CF up to the PO). Fig. 4.5 also shows that
the simulation tends to over-estimate in-vivo measurements, as PP criteria are
almost all negative. When comparing pressure waveforms, in most cases, the
error in pressure curves generated by the model is localised in the systolic phase;
the diastolic exponential decrease is rather well simulated, at the exception of
some results in the popliteal artery.
Unlike pressure, simulation of velocity is not as good in the CF compared
to the other vessels: the velocity RMSE is greater in the CF than in the other
arteries. Furthermore, PSV , EDV and u∗ criteria differences present a larger
mismatch in the CF than in the other arteries (Table 4.2). Also, the differen-
ces in the PSV are larger than those for the EDV criteria. When comparing
velocity waveforms with great mismatch, the simulated curve appears to be
translated from the measurement with elongation of the systolic peak. Regar-
ding the time of the PSV, this criteria is almost similar in the three arteries
and slightly increased in the bypass. Unlike pressure, there is no clear direction
of the differences between velocity simulations and measurements (Fig. 4.6):
the numerical model does not systematically over- or under-estimate in-vivo
measurements.
The root-mean-square error gives the mean value of the vertical distance
between the simulated and in-vivo curves; it is a good indicator of the global
efficiency of the model for a specific patient. We see for example that the model
seems to be efficient for patients 15, 16 or 19. On the opposite, it is not for
patients 14, 22 or 25. As introduced in the process of transformation of data
(Fig. 4.1), the simulated curves are the results from many steps, each step in-
ducing some imprecisions. Therefore, we should not expect a perfect matching
between simulations and measurements. Nevertheless, similar features of erro-
neous simulation can be observed amongst patients. We describe three of them
in the following.
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4.1.3 Results (2): Clinical cases
Depending on the patient considered, results from the numerical model do
not perfectly match the in-vivo measurements. In those cases, when comparing
waveforms from simulations and measurements, we observe recurrent features of
errors: e.g. an important mismatch in the distal artery or disagreement of peak
systolic velocity and pressure. We explain the cause of these unexpected results
of simulation and we suggest some modification of the model and parameters in
order to improve them. We consider 3 different cases that we describe on basis
of the result from a specific patient, namely the mismatch in popliteal pressure
and velocity (patient #19), the mismatch in PSV in the bypass (patient #23),
the mismatch in pulse pressure and velocity in all arteries (patient #25).
Clinical case #1: Pressure and velocity drop in the popliteal
Let us consider the in-vivo results from patient #19 (Fig. 4.7). Important
pressure and velocity drops are observed in the popliteal artery and are not
reproduced by the model.
This particular feature results from blood leakage at the level of the bypass.
The bypass used for this patient is made of in-vivo material: the saphenous vein
has been used in-situ. The vein is not removed from its natural surrounding but
its valves are extracted in order to allow blood to flow downwards. Furthermore,
side branch fistulae of the vein need to be ligated in order to avoid leakages to
the collateral or venous circulation. In this case, small collateral arteries and
side branch fistulae have not been properly ligated during surgery, inducing
blood leakage. This was confirmed by surgeons a few days after surgery. We
indeed observe that the in-vivo flow distribution through the upper-leg shows a
drop of 33% of the local flow at the CF bifurcation and at the distal anastomosis
(see Patient #19 in Appendix B). Notice that a pressure drop in the popliteal
is also observed in patient #14. As the bypass of this patient is made of Gore-
Tex, no leakages are expected inside the graft. Though, a large flow decrease
is observed between the bypass and popliteal which might be due to leakages
through the anastomosis or small collateral arteries.
To model leakages, we follow Leguy’s approach (Leguy et al., 2010) and
insert two extra side branches at medium length of the CF and venous BP.
Parameters of the two side branches are computed as follows (Table 4.4): the
rigidity is taken identical to the parent vessel (the CF and BP respectively),
the area is reduced by half, in order to allow 33% flow leakage through each col-
lateral. The windkessel outlets represent the resistive and compliant condition
of the parent vessel.
In addition to the introduction of two leakage vessels, we manually modified
the diameter and PWV of the popliteal artery (D0PO=0.43 cm; cPO=14m/s)
and we increased the resistance of the BP leakage (RBP leakage = 8.0 e
4) in order
to obtain a better fitting between simulations and measurements.
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CF leakage BP leakage
L (cm) 1 1
D0 (cm) 0.43 0.3
c (m/s) 5.8 15
R (cm−4gs−1) 3.62e4 4.2e4
C (cm4g−1s2) 3.29e−5 2.9e−5
Table 4.4 – Geometry (length L and mean diastolic diameter D0), pulse wave
velocity c, peripheral resistances R and compliances C characterising the addi-
tional vessels modeling leakages in patient #19.
Fig. 4.7 presents the improved results from this simulation with fittings of
the model and parameters. Despite the introduction of leakages, the nume-
rical simulation does not capture the systolic damping observed in the mea-
sured popliteal pressure. This pressure drop might result from energy losses
and damping effects due to the arterial wall viscoelasticity. This effect is indeed
not taken into account in our model which considers the arterial wall as an
elastic material.
Clinical case #2: Peak systolic velocity in the bypass
Let us now consider the results from patient #23 (Fig. 4.8). We firstly notice
that in-vivo measurements in the deep femoral artery present unexpected large
pressure and velocity drops. This result is probably due to an error in the data
acquisition: signals are measured simultaneously with an invasive guide wire,
which might have been too close to the arterial wall. Indeed, velocity waveforms
measured a few days after surgery do not present any particular drop.
Besides the DF artery, results are very satisfactory in the other arteries, at
the exception of the velocity in the bypass. In all arteries, pressure waveform
contours are well reproduced and lie within the same physiological range. The
biphasic velocity contour propagates also well towards distal arteries, even if
its diastolic fluctuations are not emphasized in the numerical result. Though,
in the bypass, the in-vivo PSV is under-estimated of about 20 cm/s. Notice
that this inefficiency of the model is also observed in patient #15.
Improved results of simulation were obtained by parameter fitting. In this
case, we only reduced the bypass diameter by 17% (D0BP = 0.5 cm). As we will
see in the next sensitivity analysis, the BP diameter has only a significant influ-
ence on the velocity in the BP, and does not influence the other hemodynamic
variables much. Results from this fitted simulation are displayed in Fig. 4.8:
the simulation of velocity in the BP is close to the in-vivo observations, while
simulations in the other arteries remain similar.
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Clinical case #3: Pulse pressure and velocity
Fig. 4.9 presents the results for patient #25. In this clinical case, large
differences in the pressure and velocity pulses are observed between simulations
and in-vivo data. Notice that this model inaccuracy is also observed in patients
#22 and #24. Furthermore, for patient #25, we observe large pressure and
velocity drops in the popliteal artery. Let us assume that these popliteal drops
result from blood leakages through small collateral arteries, similarly to the
clinical case #1. We will focus here on the differences in systolic pulses and will
present parameters fitting in order to reduce those.
Improvement of the simulated pulses is obtained by modifying mainly the
pulse wave velocities and, to a lesser extend, the vessel diameters. Table 4.5
presents these fittings and expresses them as a percentage of the initial para-
meter value. As we will show in the next sensitivity analysis, the PWV is the
parameter of the model that influences the most the pulse pressure. Regarding
velocity in a vessel, it is mostly influenced by the diameter of the vessel con-
sidered. Depending on the direction of the difference, we adjusted D0 in each
vessel (e.g. as velocity is under-estimated in the CF, we decreased DCF ). Notice
that modifying the PWV in the three distal vessels (cDF , cBP and cPO) was
sufficient to obtain an appropriate pressure pulse reduction in the CF. Pressure
modifications are transmitted throughout the arterial network while velocity
adjustments have a local effect.
Artery D0 (cm) c (m/s)
CF 0.7 -15% 5.0 ±0%
DF 0.55 +10% 5.8 -40%
BP 0.7 +17% 5.4 -40%
PO 0.53 ±0% 3.8 -40%
Table 4.5 – Mean diastolic diameter D0 and pulse wave velocity c characterising
the fittings in patient #25.
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4.2 Sensitivity analysis of the model
A sensitivity analysis (SA) aims at studying the effect of parameter uncer-
tainty on the results from a model. Two types of analysis can be defined (Saltelli
et al., 2004). A local SA evaluates the effect of one parameter varying around
its initial value, while all other input parameters remain unchanged. In a global
SA, all input parameters are changed simultaneously within their uncertainty
range, and interactions between model parameters can be studied.
In this work, we restrain to a local SA as we do not have computing facilities
for global SA at our disposal. Even if results of a local SA are only valid around
an initial state and do not consider the interactions between input parameters,
this standard method allows to give a first insight of the sensitivity of our
arterial lower-limb model.
One particularity of this work is that the initial value used in the local SA
corresponds to in-vivo patient-specific parameters. Therefore, one might expect
different results if another patient is considered. In this chapter, we present the
results of the local SA applied to data from patient #23 (initial data without
manual fitting).
In a first part, this subsection defines the input and output variables of our
model, the mathematical index used to evaluate the influence of parameters
and the framework developed. Its second part aims at presenting the results of
the local sensitivity analysis: it puts to the fore the global significance of each
input parameter, and describes the way each parameter and assumption of the
model influences the results of the model.
4.2.1 Methods
Input and output variables
In a first step, from the 18 parameters of the model, we will only retain 6
of them as inputs for this sensitivity analysis: the bypass length, the diameter
and PWV of the four vessels, the resistance and compliance of the peripheral
windkessels and the diastolic pressure. We do not consider the length of the
three arteries, as in our model, these values do not represent any physiological
distance. Table 4.6 presents the uncertainty range considered for each of these
inputs, expressed in the input unit and as a percentage of variation. Each
interval is chosen in order to reflect the measurement errors. Notice that the
variation range of R is computed on basis of its definition as a ratio of pressure
to flow: ∆R = ±30 mmHg±0.5 cm3/s . The range of peripheral compliance C = τ/R follows
from the variation of R with a variation of τ of ±0.2 s (Leguy et al., 2011). In
this work, a range of variation of one input variable is sampled by 10 simulations
equally distant.
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Output
Input In-vivo Range Range
=⇒
Parameters
Parameters value (%) PP (mmHg)
LBP (cm) 34.0 ± 2.0 ± 6% p˙ (mmHg/s)
D0 (cm) 0.59 ± 0.1 ± 17% PSV (cm/s)
c (m/s) 25.0 ± 5.0 ± 20% EDV (cm/s)
R (cm−4gs−1) 4.55e4 ± 2.23e4 ± 50% u∗ (cm/s)
C (cm4g−1s2) 2.5e−5 ± 2.0e−5 ± 80% t(PSV ) (s)
p0 (mmHg) 59.0 ± 10.0 ± 17% Q¯ (cm3/s)
˜p (mmHg)
˜u (cm/s)
Table 4.6 – Input and output parameters used in the first step of the sensitivity
analysis. Input variables are presented with their range of variation in units
and %.
In a second step, once the sensitivity of each type of input has been des-
cribed, we will detail their sensitivity in the different vessels of the arterial
network: diameter and PWV in the four vessels (DCF , DDF , DBP , DPO, cCF ,
cDF , cBP , cPO), peripheral resistance and compliance in the DF and PO wind-
kessel models (RDF , RPO, CDF , CPO). Similar variation ranges are considered
by arteries.
As output variables of the SA (Table 4.6), we consider the 7 criteria (defined
in Subsection 4.1.1), as well as the pressure and velocity differences between
simulated waveforms under input variation (var) and simulated waveforms at
initial state (init):
˜p =
1
N
N∑
i
√
(pvari − piniti )2 ˜u =
1
N
N∑
i
√
(uvari − uiniti )2 (4.2)
with ˜ is the root-mean-square error (RMSE), and each curve is discretised by
N = 150 points during one cardiac cycle. These 9 parameters describe the main
characteristics of pressure and velocity waveforms.
Relative sensitivity index
The analysis aims at estimating the rate of change in the model outputs
with respect to change in a system parameter. Following Leguy et al. (2010);
Ellwein et al. (2008), we evaluate the sensitivity of each parameter by computing
106 Chapter 4. Validation and sensitivity analysis of the 1D-0D model
the relative sensitivity index Ii,k of output variable yk to model parameter
xi (i ∈ [1 : n]). Ii,k is defined as
Ii,k =
∂yk
∂xi
xi
yk
, (4.3)
with
∂yk
∂xi
=
yk(x1, ..., xi−1, xi + ∆xi, xi+1, ..., xn)− yk(x)
∆xi
. (4.4)
Notice that as Ii,k is divided by the value of the output criteria yk, this might
induce particularly high values of this index when the output criteria is close
to zero (e.g. EDV , u∗).
The definition of the sensitivity index of the RMSE outputs needs to be
adapted, in view of their definition:
Ii,˜p = ˜p
xi
∆xi
Ii,˜u = ˜u
xi
∆xi
. (4.5)
Also, notice that, similarly to the Bland-Altman study (Chapter 2), using a
correlation coefficient in not efficient here. Indeed, it would indicate if an output
vary linearly with an input, instead of quantifying the relative importance of a
parameter over another.
Framework of computation
The framework used in this analysis is based on a routine written in Matlab R©
(MathWorks, Natick, USA) which interacts with the ARGO code used for the
numerical resolution of the coupled 1D-0D model. The routine writes the input
text file for the C++ code (considering the variation j ∈ [1, 10] of the input vari-
able i ∈ [1, 6]); it launches the simulation run (i, j) and follows on with the next
variations and the other input variables. Once all simulations are performed,
the routine extracts the outputs out of the results and computes subsequent
indexes.
4.2.2 Results
For each of the 6 input criteria (i) varying within their uncertainty range
over 10 points, a sensitivity index Ii,k can be computed for each of the 9 outputs
(k) in the four arteries. In order to simplify these large amount of results, we
will consider the average of the sensitivity indexes (I¯i,k) of each input variable
over their uncertainty range. We observe that Ii,k keeps a constant value within
the range of variations for almost all input variables, i.e. there is a linear rela-
tion between the input variation and the effect on the output. In some outputs,
this relation deviates from linearity for the resistance R and the diameter D0
inputs (Fig. 4.10). For example, the sensitivity of the mean flow to the resis-
tance increases with smaller values of R. Notice that, when Ii,k is constant for
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all variations, the amplitude of the range of variation does not matter for its
computation.
Notice also that comparing values of I¯i,k between different outputs might
not be efficient, as outputs are computed differently. For example, an equal
sensitivity of the pressure slope p˙ and of the EDV outputs (I¯i,p˙ = I¯i,EDV ) has
no physiological meaning. On the opposite, comparing values of I¯i,k for one
output highlights the importance of the different inputs.
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Figure 4.10 – Evolution of the relative sensitivity index Ii,k of the outputs PSV
(left) and Q¯ (right) within the uncertainty range of all input variables.
We present results in bar plots (Figs. 4.11 and 4.12): one figure looks at
one output variable. For each output variable, the average relative sensitivity
index is plotted as a function of the 6 input criteria. Four bars appear for each
input criteria: each vessel is plotted individually (one color by vessel). We only
present here the outputs ˜p, ˜u, PP and EDV as they are representative of
pressure and velocity observations; results for the other outputs (p˙, PSV , u∗,
t(PSV )) can be found in Appendix C, Fig. C.1.
General observations
Fig. 4.11 presents the sensitivity of the RMSE outputs. Because these out-
puts are representative of the complete pressure and velocity waveforms, they
are a good indicator of the influence of all inputs considered. In all vessels, the
most significant inputs are the diameter, the diastolic pressure, the resistance
and PWV, with a different influence intensity between pressure and velocity.
Length of the bypass and compliance of the windkessel seem to have a reduced
effect on both pressure and velocity. With the variation of input parameters,
pressure waveforms change similarly in all vessels, while velocity waveform fluc-
tuations are more affected by the location of the vessel. Pressure variations are
transmitted throughout the arterial network while velocity variations have more
a local impact.
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Figure 4.11 – Mean relative sensitivity index I¯i,k of the outputs ˜p and ˜u as a
function of the 6 input variables in the four leg vessels.
Even if RMSE outputs give a good idea of the influence of the inputs,
these variables represent an absolute difference and do not allow to identify the
“direction of the sensitivity” (i.e. does an input increase generate an increase or
a decrease of the output?) Fig. 4.12 presents the relative sensitivity indexes of
three punctual output variables: PP , EDV and Q¯. If I¯i,k is positive (negative),
an increase of the input generates an increase (decrease) of the output value.
For example, the mean flow intensity decreases with resistance augmentation
(as R = p/Q).
Like pressure, variations of mean flow are similar in all vessels. As this be-
haviour is not observed in velocity (see also PSV and u∗ plots in Appendix C),
this highlights the importance of the cross-sectional area determination, as well
as the arterial location.
What is the variation induced by each input?
In order to better understand the model, it is interesting to look in de-
tails into the variations induced by each input on the pressure, velocity and
flow waveforms. The following resume is based on the relative sensitivity index
results, as well as the evolution of variables in time, in the bypass vessel of
patient #23.
Length of the bypass LBP : The length of the BP vessel has nearly no in-
fluence on the hemodynamic results. Mean sensitivity indexes are in-
significant. Observed pressure and velocity variations are smaller than
0.5 mmHg and 0.2 cm/s.
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Figure 4.12 – Mean relative sensitivity index I¯i,k of the outputs PP , EDV and
Q¯ as a function of the 6 input variables in the four leg vessels.
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The diameter D0 : The effect of diameter variation on pressure and velocity
consists of a translation of the curve enhanced during the systolic phase.
Therefore, PP sensitivity is not nul, and velocity outputs (EDV , PSV
and u∗) are largely influenced by this input with an inversed relation (if
D0 increases, u decreases). Amplification of the sensitivity to D0 during
the systolic phase is clearly marked on flow rate variations (Fig. 4.13).
The pulse wave velocity c : The vessel rigidity is especially influent on pres-
sure and induces an extension of this waveform with increasing c. The
variation of p is proportional to its value: it is emphasized during systole,
inducing the important sensitivity of PP and p˙ to this input. On the
opposite, velocity and flow are weakly influenced by the vessel rigidity,
and the effect of c is visible only during diastole (Fig. 4.13).
Peripheral resistance R : The effect of resistance variation is visible on both
pressure and velocity waveforms. With the increase of R, curves are trans-
lated upwards for p and downwards for u and Q (Fig. 4.13). Mean sen-
sitivity index of outputs ˜p, ˜u and Q¯ are indeed significant compared to
other inputs. Also, because of the effect of translation, I¯i,k of PP is close
to zero. Unlike all other inputs, resistance does not vary linearly in its
variation range (as previously described in Fig. 4.10). A decrease of re-
sistance has a much larger effect than an increase of the same amplitude.
As we considered the mean Ii,k on the variation range, this observation
is not represented in bar plots but can be visualised in time plots.
Peripheral compliance C : Even if its range of variation reaches ±80%, the
effect of peripheral compliance variation is very small, and modifies only
the shape of the waveform. Like resistance, compliance variation is not
linear: a decrease of C is more pronounced than an increase. Compliance
variation is well representative of the windkessel effect: if C is reduced,
more fluctuations are observed in diastolic velocity and flow, the systolic
velocity decreases earlier, and the systolic pressure continues to increase
to a higher peak. These observations correspond to the definition of the
compliance of a system (regulate hemodynamic variations). Increase of
compliance corresponds to a very weak cushioning of the wave (Fig. 4.13).
Notice that as compliance shortens or extends the systolic upslope, this
input has a positive direct effect on the timing of the waves.
The diastolic pressure p0 : The effect of p0 is quite important on pressure
and mean flow as it induces a translation of the whole pressure curve and
as a consequence, a variation of mean pressure. Indeed, the pulse pressure
is not sensitive at all to diastolic pressure variation. Velocity curves are
also translated, but to a lesser extend (Fig. 4.13).
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Influence of the arteries
These previous results describe the influence of an input when it is modified
in the four vessels. Though, as we will describe in the following, vessels do not
have the same influence on results.
Diameter D0 and PWV c input variables are detailed in the four vessels,
while parameters R and C from the DF and PO windkessel outlets are also
considered separately. In Fig. 4.14, we present results from the sensitivity ana-
lysis of PP , ˜u and Q¯ outputs with inputs modified individually in each vessel.
Other output results are presented in Appendix C on Figs. C.2 and C.3.
Notice that the presentation of results does not intend to compare the in-
fluence of inputs against each other (D0, c, R and C), but to compare the im-
portance of arteries. Therefore, the scale of the graphs is adapted for each I¯i,k.
The observation of sensitivity indexes of PP and Q¯ outputs under the vari-
ation of diameters and PWV shows a marked importance of the CF artery.
Flowrates in all vessels of the network are almost only dependant of the struc-
tural properties of this inlet artery. Pulse pressure is about two times more
sensitive to the diameter and PWV of the CF than to the other arteries (DF
and PO). Rigidity and dimension of the bypass present a very small influence on
the pressure waveforms. Notice also that the direction of variation of the PP as
a function of the diameter depends on the artery considered: an increase of the
CF diameter induces an increase of the PP while an increase of the DF and PO
diameters induce a reduction of PP . These opposite effects might explain the
smaller amplitude of I¯i,k when all vessel diameters are varied simultaneously
(I¯D,PP ' 0.2 while I¯DCF ,PP ' 0.9 and I¯DDF ,PP ' −0.4).
Regarding the velocity as a function of the vessel diameter, u in a vessel is
largely influenced by the diameter of this vessel, as shown by the four colored
bars standing out in the plot of ˜u as a function of diameters. Furthermore,
the relation between u and D0 is negatively related, by conservation of flow.
Regarding u as a function of the PWV, we observe that the velocity in an
artery is also more influenced by the PWV of this artery, at the exception of
the bypass. cBP has a smaller effect on velocities than the PWV of the arteries,
even if the BP is the central vessel in our arterial model.
Unlike diameter and PWV, pressure results are similarly influenced by both
windkessel outlets: resistance results are identical and pressure seems more
sensitive to the compliance of the DF network. The influence of the windkessel
model is more pronounced on the local velocity, especially in a distal vessel:
resistance and compliance of the DF influence more u in the DF, while RPO
and CPO influence more uPO. Notice that the BP velocity is largely influenced
by the distal popliteal windkessel.
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And around another initial state?
One important consequence of using a local sensitivity analysis is that re-
sults depend on the initial state. In this analysis, the initial state consists of the
values of the patient-specific parameters, i.e. the parameters of subject #23.
In order to gain confidence that the previous observations could be gene-
ralised to all subjects studied, let us discuss the similarities and differences
observed when an identical sensitivity analysis is applied to another subject.
We applied the SA to subject #15, as results from the coupled 1D-0D model
for this subject present a good correspondence with in-vivo data. All bar plots
of relative sensitivity indexes can be found in Appendix C.
Similarly to subject #23, inputs p0, R, c and D0 have a significant influence
on the pressure and flowrate outputs: similar amplitude of mean relative sensi-
tivity indexes are observed for these inputs. The sensitivity of velocity results
is less marked for subject #15 than for subject #23. Depending on the velocity
output considered, one vessel seems to be much more sensitive to a vessel than
the others: ˜u is more influenced by the PO, EDV by the CF and u
∗ by the BP.
Notice also that the very high values of I¯i,k for EDV and u
∗ outputs (which
are probably due to the values of these outputs close to zero) extend the scale
of I¯i,k such that other indexes are not visible.
The sensitivity plots of outputs by arteries also show a predominance of the
CF diameter and PWV regarding pressure and flowrate results. Velocity in an
artery is also largely influenced by its arterial diameter (as observed on the ˜u
and PSV bar plots). While the effect of the windkessel resistance is also more
pronounced on the velocity in the local artery, the pressure is more sensitive to
the compliance of the DF windkessel.
To summarize, the main results of the SA regarding pressure and flow are
similar to those observed in subject #23. Observations on the individual influ-
ence of the arteries are reproduced. The main difference comes from the analysis
of velocity signals which fluctuate much between arteries. Additional analysis
of other subjects should be performed in order to confirm these observations.
Influence of some assumptions of the model
The numerical model used in this work has been established using some ba-
sic assumptions. We will discuss the influence of three of them on the hemody-
namical results, namely the constant viscosity, the assumption of a flat velocity
profile and the fixed diameter of the bypass vessel.
In this work, we use the classical assumption of newtonian fluid with con-
stant viscosity. Though, it has been shown that blood behaves as a non-newtoni-
an and shear-thinning fluid (Nichols and O’Rourke, 2005). Many models have
been suggested in order to take this behaviour into account (e.g. Einstein, Cross,
Casson), inducing though increased complexity and additional parameters. In
order to evaluate the influence of this assumption, we computed the variation
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induced by a decrease and increase of the viscosity by a factor 2: in the case of
patient #23, the RMSE ˜ in pressure and velocity in the bypass vessel do not
vary significantly (Table 4.7).
µ/2 µ . 2
˜p (mmHg) 0.26 0.51
˜u (cm/s) 0.07 0.13
Table 4.7 – Root-mean-square error in pressure (˜p) and velocity (˜u) bet-
ween results of simulation with initial viscosity (µ = 0.04 g/(cms)) and with a
variation of µ by a factor 2.
In Chapter 3, the assumption of a flat velocity profile is used to fix the value
of model parameters. Though, this choice contradicts the hypothesis taken in
the analysis of the Doppler ultrasound exams, where a Poiseuille profile is used
(cfr Subsection 2.1.2 of Chapter 2). Even though, in the numerical model, the
difference between flat or Poiseuille profiles is rather limited. Indeed, in the
case of patient #23, the RMSE in the bypass are negligeable: ˜p = 0.87 mmHg
and ˜u = 0.22 cm/s (Figure 4.15).
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Figure 4.15 – Negligeable influence of the velocity profile assumption on the
numerical model. Comparison of numerical results (pressure, left and velocity,
right) in the bypass of patient #23 between a Poiseuille profile (continuous grey
line) and a flat velocity profile (dashed black line).
In view of the limited accuracy in the acquisition of the morphology of ar-
teries, we have simply modeled arteries as cylindrical vessel, without tapering.
Furthermore, in most clinical cases (7 out of 9), the bypass graft is made of
synthetic material, which is of constant diameter. Though, introduction of ta-
pering might be needed when a vein is used as bypass, or when one is interested
to plan the effect of a new prototype of tapered graft. We introduced a linear
tapering of the bypass vessel for patient #23 (D = 0.6 - 0.4 cm) and compared
the hemodynamic results of the numerical simulations (Figure 4.16). Variations
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of pressure are negligeable, while velocity decreases at the proximal BP and in-
creases at the distal BP in order to ensure conservation of mass. From the point
of view of the clinical efficiency, using a tapered bypass might be favorable as
it increases the peak systolic velocity at the distal anastomosis, and it reduces
the mismatch in geometry between the bypass graft and the native arteries.
Though, it also increases the wall shear stress at that point, which is a con-
tributing factor for the development of intimal hyperplasia (Leuprecht et al.,
2002).
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Figure 4.16 – Influence of the tapering of the bypass vessel on the pressure
(top) and velocity (bottom) at three locations along the bypass: proximal, me-
dial and distal. Numerical results with a constant diameter vessel (D = 0.5 cm)
are in continuous grey line, while numerical results with a tapered vessel
(D = 0.6− 0.4 cm) are in dashed black line.
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4.3 Discussion
In this chapter, we have studied the behaviour of a coupled 1D-0D model
of the arterial blood flow in the lower-limb, using a validation study and a
sensitivity analysis based on in-vivo data.
Validation
This work presents a first validation of a coupled 1D-0D model of the lower-
limb focusing on pathological conditions of the subjects. Comparison of the
model simulations against in-vivo measurements gives satisfactory results for
most of the subjects, but still need some improvements for some of them in
order to obtain an optimal reproduction of the in-vivo data. We showed, for
example, that the introduction of blood leakages seems to be required in pa-
tients presenting a large flowrate drop in the distal popliteal artery. According
to Steele et al. (2003), accurate modeling of collateral flow is crucial in surgical
bypass planning as disease and treatment methods alter blood flow distribu-
tion amongst alternate pathways. Furthermore in our model, some parameters
seem to present an inexact value, and therefore, their determination should
be enhanced in precision (either during their measurement or their computa-
tion). In the few clinical cases considered, the validation study has stressed the
importance of the diameter and PWV in all vessels.
The main imprecisions of the results of the model are summarized as follows.
While the pressure results over-estimate the in-vivo measurements, there is no
marked direction of deviation of velocity results in all patients. Compared to the
other vessels, pressure results in the common femoral artery are more accurate,
with discrepancies increasing towards distal arteries. On the opposite, velocity
results are particularly less accurate in the common femoral artery.
In our model, we only include the energy losses from the viscous resistance
of flow (KR, see Chapter 3). As suggested in Steele et al. (2003), 1D models
of pathological conditions should account for energy losses associated with se-
condary flows due to curvature, branching and stenoses. While these losses are
generally small, they could play an important role in flow distribution, in the
presence of collateral vessels and bypass grafts.
Our model considers the arterial wall as elastic and incompressible, and
assumes a flat velocity profile in arteries. These assumptions are discussed in
Reymond et al. (2009), where a viscoelastic constitutive law for arterial wall
is introduced, and an improved description of the wall friction and convective
acceleration term is considered using the Witzig-Womersley theory (in order
to model pulsatile effects on the velocity profile). The results from this study
show that the combined effects of viscoelasticity, improved wall shear stress and
convective acceleration formulation induce a considerable variation of pressure
and flow rate, especially in the peripheral sites (7.2% of p variation, 5.1% of u
variation in the common iliac artery). In Alastruey et al. (2011), the importance
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of wall visco-elasticity modeling is demonstrated in the comparison of numeri-
cal simulations with experimental in-vitro measurements. The inclusion of a
Voigt-type visco-elastic wall reduces the underdamped high-frequency oscilla-
tions obtained using a purely elastic tube law, especially in peripheral vessels.
These effects might therefore be important when fine details on peripheral
sites are sought; including these properties could improve our model results
in the lower-limb. Even though, increasing the complexity of the model might
induce more uncertainty in the results as it requires the estimation of additional
parameters.
Unlike in Steele et al. (2003); Reymond et al. (2009), tapering of arteries is
not used here. Indeed, in our truncated model, the only vessel of considerable
length is the bypass, which is often of constant diameter. We have shown that
tapering of this vessel modifies the proximal and distal velocities, while pressure
variations are negligeable. In our case, we do not detect any small hemodynamic
variation due to additional continuous wave reflections (distortion and sharpe-
ning of the pressure pulse) (Segers and Verdonck, 2000; Raines et al., 1974).
Our model is limited to the principal lower-limb arteries, because we aim
at modeling patient-specific hemodynamics. Indeed, the acquisition of in-vivo
data and the determination of elastic and geometrical properties of arteries is
a difficult task. It requires the definition of a data acquisition protocol in ac-
cordance to the condition of the subjects considered. In this study, we analysed
patients suffering from atherosclerosis and operated with bypass surgery. As
described in Section 2.1 of Chapter 2, we used invasive measurements; indeed,
non-invasive pressure acquisition (e.g. tonometry) is not efficient on the small,
deep and calcified arteries of the leg. This invasive acquisition protocol needs
therefore to be limited to the main arteries of the patient.
This study goes into details as it validates both pressure and velocity in
all arteries of the leg. In comparison with literature, flow only was validated
in Steele et al. (2003). In Reymond et al. (2009), blood flow was evaluated in
the main aortic segments, lower-limb arteries, and in cerebral arteries; though,
pressure was only considered in three arteries of the arterial network (radial,
common carotid and temporal arteries). Notice also that Reymond et al.’s study
performs a qualitative comparison of pressure and flow waveforms as it does
not follow a subject-specific approach.
As presented in the process of transformation of data (Fig. 4.1), many steps
are necessary from the raw measured data to the simulated waveforms. By as-
sociating an error estimate to each step of the process, each input to the model
would be characterised by a combined error estimate, and a confidence interval
on the simulated results could be drawn. Nevertheless, if one considers that
these variations interact simultaneously, the number of simulations required
to produce the confidence interval for one patient reaches 218 runs! This ap-
proach is similar to a global sensitivity analysis and is not feasible with our
computational resources.
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Sensitivity analysis
In this work, we have rather conducted a local sensitivity analysis. Results
are based on the analysis of one subject, though general observations are well
reproduced for other subjects.
One objective of the SA is to determine the parameters which do not influ-
ence the outputs significantly. In our model, the length of the bypass presents
a negligible influence on waveforms. The compliance of the 0D windkessel net-
work is also poorly significant for velocity and pressure, and has only a small
influence on the shape of the waveforms. Therefore, these two inputs do not
need to be measured or computed with high precision.
The SA allows also to determine the parameters which influence significantly
the model outputs. In our model, the vessel diameter has a great influence on
both pressure and velocity results and should be measured precisely. In parti-
cular the diameter of the common femoral artery (the inlet artery) has a strong
influence on the results. The windkessel resistance influences also significantly
pressure and velocity waveforms. Finally, pressure is largely influenced by the
rigidity of the vessel and its diastolic value. Again, the rigidity of the common
femoral artery has more influence than the rigidity of other arteries.
The SA highlights the different behaviours of pressure and velocity under
parameter variation: while the variation of the properties in one vessel are
transmitted in all pressure waveforms, they have a local effect on velocity si-
gnals. This is particularly emphasized with the variation of the resistance and
diameter inputs.
The SA also puts to the fore the way each input modifies the waveform
contours. While variations of diameter, resistance and diastolic pressure induce
mainly a translation of the pressure and velocity curves, variations of the PWV
emphasize the pressure systolic peak and the velocity diastolic phase.
An unexpected result from the detailed sensitivity analysis in arteries is the
relatively small influence of the structural properties (D0 and c) of the bypass
vessel on pressure and velocity waveforms. At the exception of a significant
influence of DBP on the velocity in the bypass uBP , variation of DBP and cBP
have only a small influence on the outputs, in comparison with D0 and c of
other arteries. At the exception of the direct relation between bypass diameter
and velocity, the importance of the graft material and dimensions in a bypass
surgery does not appear in this SA of our 1D-0D model. As a consequence,
if one is interested in the extrapolation of the bypass surgery outcome with
other graft properties, the 1D-0D model of wave propagation might not be
sufficient and should be considered together with other models (e.g. 3D models
of anastomoses).
The local SA performed in Leguy et al. (2010) focuses on the wave propaga-
tion in a model of the arm, based on patient-specific data. While the objective
of that work is to estimate arterial mechanical properties, we obtain some si-
milar conclusions in the present analysis: the large influence of resistance on
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mean pressure, the significant influence of resistance and arterial wall rigidity
on pulse pressure. They also observe the increased influence of the inlet artery
of their truncated arterial network of the arm (i.e. the brachial artery), while
this result is not particularly emphasized in their conclusions. Leguy et al. also
report the need of higher precision when determining properties of small sized
arteries with ultrasound registration methods.
Similarly than in Leguy et al. (2010); Ellwein et al. (2008), this local SA has
demonstrated the complex relationship between the model parameters and the
numerical simulations. A global sensitivity analysis (Leguy et al., 2011; Saltelli
et al., 2008) or parametric uncertainty analysis (Xiu and Sherwin, 2007) could
help to understand the variation of the model results to changes of multiple
parameters in a defined range. Furthermore, as parameters act dependently
on each other, it would be interesting to determine the correlation between
parameters. A global SA approach is followed in Leguy et al. (2011): the main
results are that output variables are significantly influenced by more than one
system parameter, and that uncertainties in model parameters and input blood
flow induce large variations in output variables. Furthermore, the global SA
shows that the Young’s modulus appears to have the largest influence and
arterial length the smallest. Notice that the combined influence of the different
parameters (i.e. correlations between input and output parameters) could not
be determined due to the complexity of the results obtained.
CHAPTER 5
Wave Intensity Analysis
One of the most important causes of graft failure is the development of my-
ointimal hyperplasia at the anastomosis, especially in the distal location (Tay-
lor et al., 1987; Sottiurai et al., 1983). The triggers for its formation are in-
jury, circulating blood components, abnormal hemodynamics or impedance
mismatch between the native vessel and the graft material (Toes, 2002). Three-
dimensional studies have shown that abnormal hemodynamics may create zones
of high or low wall shear stress that contribute to the development of plaque
along the graft wall or at the distal anastomosis (Leuprecht et al., 2002; Pousset
et al., 2006). Clinical studies have pointed out that the patency of the bypass
in time depends on the nature of the bypass material and its ability to develop
an endothelium along its inner wall (Albers et al., 2003; Norgren et al., 2007);
venous material showing a higher 4-year bypass patency rate than synthetic
ones. Nowadays, while clinical and 3D numerical studies are well-developed,
the mechanisms responsible for bypass occlusion are not clearly understood
yet.
In this work, we consider the wave-traveling approach in order to improve
our understanding of the hemodynamics in the leg, after a bypass surgery. For-
mulated by Parker et al. (Parker and Jones, 1990), the wave intensity analysis
(WIA) is an efficient tool for studying wave propagation and reflection and for
quantifying wave power and energy. Based on the method of characteristics, this
time-domain method presents the advantages to be intuitive and can be used
in non-linear systems. It has been widely used to understand the physiology in
the arterial system such as in the aorta (Parker and Jones, 1990; Jones et al.,
2002; Khir et al., 2001a; Koh et al., 1998), the coronaries (Hughes et al., 2008;
Davies et al., 2006a; Sun et al., 2000) or the pulmonary circulation (Hollander
et al., 2001). It has also been applied to major systemic arteries: carotid and
upper-limb arteries (Zambanini et al., 2005; Ohte et al., 2003) and femoral arte-
The content of this chapter will to be submitted in: Willemet M., Lacroix V., Khir. A.,
Marchandise E., Wave intensity analysis in the lower-limb arteries of human during peripheral
bypass surgery. American Journal of Physiology - Heart and Circulatory Physiology.
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ries (Borlotti et al., 2010) of healthy subjects. While wave intensity analysis has
been used to understand some pathology (e.g. hypertension (Fujimoto et al.,
2004; Manisty et al., 2009), heart failure (Curtis et al., 2007)), hemodynamics
in atherosclerosed lower-limb arteries has never been analysed with this tool.
When designing a patient-specific bypass surgery, the clinician has many
parameters to decide, e.g. the material and size of the bypass, the types and
locations of anastomoses. In order to study the influence of his choice, one
can use numerical simulations of the hemodynamics. Nowadays, the cardiovas-
cular system can be efficiently described using mathematical models. Thanks
to their accuracy, efficiency and reduced number of parameters, coupled one-
dimensional and zero-dimensional models are widely used (cfr Chapter 3). Fur-
thermore, numerous studies have validated these 1D-0D models against in-vivo
data (cfr Chapter 4). In this study, we will apply the WIA theory to the results
from a 1D-0D truncated arterial model of the bypassed lower-limb. The combi-
nation of these numerical tools offers the opportunity to study the influence of
the bypass parameters (e.g. rigidity of the material, dimensions) and to model
some hypothetical pathological conditions (e.g. blood leakage) from the point
of view of the intensity of waves.
The first aim of this chapter is to study the wave propagation in bypassed
and occluded lower-limb arteries. By applying the WIA to in-vivo experimental
data, we describe the main features observed in the pathological leg arteries
before and after bypass surgery, and compare them with healthy data. Emphasis
is put on the reflections produced by the insertion of the graft vessel. Because of
the pathological condition of the subjects analysed, we show that a larger and
longer wave pattern is observed. The second aim of this work is to study the
influence of the bypass parameters or abnormal hemodynamics on the wave
propagation pattern. To do so, we use simulations from a numerical 1D-0D
model and create hypothetical clinical cases.
In the first section of this work, the wave intensity theory, in-vivo data
acquisition, and numerical model are presented. Results are then subdivided
in two sections. In the first section of results, the in-vivo wave intensity in
bypassed and occluded lower-limbs is described and discussed. In the second
section of results, we analyse some in-vivo clinical cases in combination with
the numerical model predictions. In particular, we describe the influence of
reflections in the leg and the effect of blood leakage.
5.1 Materials and methods
5.1.1 Theoretical background of the WIA
The theoretical basis of the wave intensity analysis is the solution of the
classical 1D conservation of mass and momentum non-linear equations (Parker
et al., 1988). Wave intensity, dI, is defined as the amount of energy carried by
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the wave per cross-sectional area of the vessel (SI units : W/(m2s2)):
dI =
dp
dt
du
dt
(5.1)
where dp and du are the pressure and velocity differentials. In order to com-
pare results acquired at different sampling time, it is convenient to normalize
the derivatives by the sampling time dt (Ramsey and Sugawara, 1997). Besides
its dimensional analysis, the main interest in the WIA is its ability to detect the
importance of forward and backward propagating waves. While forward waves
mainly result from the contraction and relaxation of the ventricle, backward
waves are created by wave reflections at the vasculature. These forward (dpf ,
duf ) and backward (dpb, dub) waves are described through Eqs. (3.23) and
(3.24) in Chapter 3 and are derived from the theory of the method of charac-
teristics (Parker and Jones, 1990; Parker, 2009). One can then compute the
forward (dIf ) and backward wave intensities (dIb):
dIf,b =
dpf,b
dt
duf,b
dt
. (5.2)
with dIf being positive and dIb negative.
Four different types of waves might be observed, depending on the pres-
sure and velocity variations (Table 5.1). In the aorta and in the main systemic
arteries, the wave intensity presents three distinct waves. The first wave of
significant intensity, a forward compression wave (FCW), arises with the sys-
tolic upstroke and is the result of the contraction of the left ventricle. During
mid-systole, quickly after the FCW, a weak negative wave is observed. This
backward compression wave (BCW) is the result of the reflection of the FCW
at discontinuities, bifurcations and peripheral networks. The third wave, a for-
ward expansion wave (FEW), is observed in late systole and is generated by
the left ventricle just before the aortic valve closure.
Acceleration Deceleration
du > 0 du < 0
Compression
dp > 0
Forward Compression Backward Compression
(FCW) (BCW)
dI > 0 dI < 0
Expansion
dp < 0
Backward Expansion Forward Expansion
(BEW) (FEW)
dI < 0 dI > 0
Table 5.1 – Classification of waves as a function of the sign of dp and du
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The wave energy (also called cumulative intensity) of an individual wave
is described with the integral of the intensity, it takes into account both the
duration and magnitude of each wave (SI units : kJ m−2s−2):
I =
∫ tend
tstart
dp
dt
du
dt
∣∣∣∣
wave
dt,
where tstart and tend represent respectively the time of origin and end of the
individual wave considered.
Many indicators have been defined in order to quantify the reflection of
waves (Manisty et al., 2009; Mynard et al., 2008). In this study, we consider
the reflection coefficient Rf and the reflection index R|p|.
The reflection coefficient Rf is defined as the ratio of the change of pressure
across the reflected wave to the change of pressure in the incident wave. It is
computed on basis of the physical properties of arteries. At an arterial junction,
Rf in the upstream vessel is computed as:
Rf =
Yup −
∑
j Ydown(j)
Yup +
∑
j Ydown(j)
(5.3)
where Y is the characteristic admittance of the vessel in the upstream or down-
stream vessels: Y = Aρc and A the area of the vessel. The reflection coefficient
varies between -1 and 1 and a total reflection is observed at these extreme
values. When Rf = 0, the arterial junction is said to be well-matched for
forward-traveling waves.
The reflection index R|p| is defined as the ratio of amplitudes of backward
to forward pressure waves R|p| =
|pb|
|pf | (Khir and Parker, 2002). Notice that
this coefficient is also refered to as reflection magnitude in Swillens and Segers
(2008); Westerhof et al. (2006). Compared with other reflection indexes, R|p| is
more appropriate as it is not sensitive to non-linearities (Mynard et al., 2008).
5.1.2 In-vivo data acquisition
Subjects. We have at our disposal in-vivo data from 9 subjects in order
to perform a wave intensity analysis of bypassed legs hemodynamics. Amongst
these 9 patients, we dispose of measurements of hemodynamics in the occluded
leg, before insertion of the bypass, for 4 of them. Average clinical parameters
of the subjects are presented in Subsection 2.1.3 of Chapter 2. For each patient
analysed, in-vivo measurements and parameters, as well as bypass characteris-
tics are presented in Appendix B. In the following, we refer to the state PRE as
the patient’s condition during surgery with occlusion of the superficial femoral
artery; and to POST as the patient’s condition during surgery with insertion
of the bypass graft in the leg.
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Data acquisition. As described in Section 2.1 of Chapter 2, in-vivo data was
acquired during surgery, while patients were under anaesthesia in a stable hemo-
dynamical state. Pressure and velocity were acquired simultaneously using in-
vasive techniques at four locations in the leg (common femoral artery (CF),
deep femoral artery (DF), bypass graft (BP) and popliteal artery (PO)). En-
semble average and filtering of the data is performed on the measured signals in
order to obtain a representative set of simultaneous signals for each artery (see
Subsection 2.1.2 of Chapter 2). Pulse wave velocities c of arteries and bypass
graft are evaluated locally using the PU-loop, as described in Section 2.3 of
Chapter 2.
5.1.3 1D-0D numerical model
The coupled 1D-0D numerical model is described in Chapter 3: it solves the
1D Euler equations of blood flow in arteries and is coupled with lumped 0D
models describing the peripheral circulation. Our model focuses on a truncated
arterial network of the lower-limb. It comprises the four vessels of the leg (CF,
DF, BP, PO), modeled as one-dimensional segments (Fig. 4.2, Chapter 4). As
inlet boundary condition, the forward component of the velocity in the CF
is prescribed in an absorbing way. RCR-windkessel models are used as outlet
boundary condition downwards of the DF and PO.
5.1.4 Statistical analysis
Results are presented as mean ± standard deviation (SD). Differences in
intensities between two arteries are compared using Student’s unpaired t-test,
combined with the Kolmogorov-Smirnov test for different distributions and
small samples. Differences with P -values less than 0.05 are considered signifi-
cant.
5.2 In-vivo wave intensity in bypassed and
occluded lower-limbs
This first section of results aims at describing and analyzing the in-vivo
wave intensity in bypassed and occluded legs. For all patients analysed, plots
of wave intensity in the four vessels of the leg are displayed in Appendix B, for
POST and PRE conditions (when available).
5.2.1 Results
In this section, we describe and discuss the wave pattern observed in the
vessels of an occluded and bypassed leg. Average intensities and timings of
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waves are described and compared between arteries. Mean PWV and reflection
coefficients are presented in PRE and POST states.
Representative examples of the wave intensities observed in the four vessels
of an occluded and of a bypassed leg are shown in Figure 5.1. Similarly to the
aorta or healthy femoral artery, the three main waves are present: an initial
FCW, a mid-systolic BCW and a late-systolic FEW. Nevertheless, their width
and time of arrival differ. Furthermore, the introduction of the bypass increases
greatly the intensity of waves in the distal vessels.
Intensities of waves
The average cumulative intensity I and peaks of dI in the four vessels of
the bypassed legs in all patients are presented in Table 5.2. There is a great
variability between patients, probably due to their different pathological condi-
tions. Even though, the cumulative intensities of the FCW decrease significantly
as the waves travel forwards towards the peripheral distal arteries (P < 0.05
between CF and PO). The cumulative intensity of the BCW presents an op-
posite evolution: as the reflected wave travels backwards from the periphery
to the proximal leg, its intensity significantly increases (P < 0.05 between PO
and CF). The intensity of the FEW also decreases, though this is not statis-
tically significant (P = 0.13). Similar conclusions can be drawn for the peak
magnitude of dI, with statistical significance observed for all 3 waves.
The average cumulative intensity I and peaks of dI in the three arteries of
an occluded leg are presented in Table 5.3. There is a very strong decrease of
wave intensity (both I and dI) in the popliteal artery, distal to the superficial
femoral occlusion. Furthermore, while forward waves are of similar magnitudes
POST state
CF DF BP PO
I (kJm−2s−2)
FCW 45.8 ± 40.1 25.4 ± 22.3 17.6 ± 9.7 14.6 ± 9.1
BCW -4.8 ± 6.0 -6.8 ± 9.3 -1.0 ± 0.7 -0.7 ± 0.6
FEW 15.1 ± 13.6 5.5 ± 4.9 4.9 ± 3.5 4.6 ± 4.0
Peak dI (kWm−2s−2)
FCW 802.7 ± 818.0 517.7 ± 567.3 299.0 ± 166.2 249.2 ± 168.5
BCW -87.8 ± 130.9 -112.4 ± 136.3 -37.7 ± 54.4 -12.9 ± 11.6
FEW 167.5 ± 125.3 65.7 ± 54.2 61.9 ± 52.2 55.7 ± 46.6
Table 5.2 – Average ± SD in all patients of cumulative intensity (I) and peak
wave intensity (Peak dI) of the three main waves in the common femoral (CF),
deep femoral (DF), bypass vessel (BP) and popliteal (PO) arteries of a bypassed
leg.
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PRE state
CF DF PO
I (kJm−2s−2)
FCW 52.0 ± 32.5 24.9 ± 18.4 1.0 ± 0.7
BCW -1.9 ± 1.6 -2.2 ± 2.1 -0.2 ± 0.4
FEW 12.4 ± 2.2 8.6 ± 5.4 0.2 ± 0.3
Peak dI (kWm−2s−2)
FCW 959.3 ± 961.8 333.2 ± 263.1 9.4 ± 5.9
BCW -28.0 ± 19.3 -28.0 ± 20.3 -2.2 ± 3.2
FEW 129.6 ± 22.2 83.7 ± 45.3 1.4 ± 1.5
Table 5.3 – Average ± SD in all patients of cumulative intensity (I) and peak
wave intensity (Peak dI) of the three main waves in the common femoral (CF),
deep femoral (DF) and popliteal (PO) arteries of occluded legs in all patients
analysed.
between PRE and POST states, BCW are lower in the CF and DF in PRE
state.
In comparison with the upper-limb, aorta and carotid arteries (Zambanini
et al., 2005; Manisty et al., 2009; Curtis et al., 2007; Penny et al., 2008), the va-
lues of wave energy I reach the same order of magnitude. With the appropriate
normalization by the time interval, the cumulative intensities (in kJ m−2s−2)
of the main waves oscillate between 25 and 40 for the FCW, 3 and 7 for the
BCW, 2 and 12 for the FEW.
Timings of waves
Table 5.4 presents the mean timing of start and end of the three waves
in the common femoral artery, with respect to the onset of the FCW. In our
population, the FEW arrives quickly after the FCW and overlays the BCW. In
some subjects, the two forward waves follow each other without interruption,
such that there is no “quiet” period without any significant wave intensity. In
comparison with the carotid and upper-limb arteries (Zambanini et al., 2005),
the FEW arrives earlier (194 ms in the CF versus 247 to 251 ms in upper-body
arteries); while the BCW arrives later (90 ms in the CF versus 32 to 56 ms in
upper-body arteries).
Compared with the PRE state, forward waves are wider, while the BCW
arrives slightly later than in the bypassed leg.
No remarkable difference in intensities or timings are observed between
above and below-knee bypasses.
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Timing of waves (ms)
start end
POST FCW 0 → 133 ± 25
BCW 90 ± 19 → 213 ± 32
FEW 194 ± 68 → 374 ± 48
PRE FCW 0 → 158 ± 29
BCW 137 ± 42 → 250 ± 35
FEW 173 ± 21 → 395 ± 58
Table 5.4 – Average ± SD of the timing of the three waves in the common
femoral artery of a bypassed leg (POST) and occluded leg (PRE): numeric
values of start and end of waves.
Pulse wave velocity
Average PWV in the vessels of a bypassed leg are presented in Table 2.6
of Chapter 2. Values of wave speeds observed in the arteries of the leg are
slightly higher than in healthy patients due to the presence of the pathology.
Wave speeds increase along the leg of the patients, because of the reduction in
arterial caliber. In the four patients with measurements before and after bypass
suture, we observe a decrease of the PWV from the PRE to the POST state
in the common femoral artery, while the opposite variation is observed in the
popliteal.
Reflection coefficient
The average± SD of reflection coefficient Rf computed with Eq. (5.3) equals
0.18 ± 0.38 at the CF bifurcation and 0.18 ± 0.36 at the distal anastomosis, in a
bypassed leg. These large standard deviations illustrate the variability between
patient’s conditions. Values of these two reflection coefficients in each patient
are displayed in Appendix B.
Table 5.5 presents the reflection index R|p| in the vessels of a bypassed and
occluded leg. Similarly than for the intensities, the reflections are reduced in
the PRE state.
5.2.2 Discussion
In the systemic circulation, waves are generated by the left ventricle (LV)
ejecting blood into the aorta and therefore creating forward waves that propa-
gate in the arterial network. While they propagate, waves are influenced by the
surrounding tissues as well as by the morphology of the arteries. The typical
pattern of waves observed in the main systemic arteries comprises three waves:
130 Chapter 5. Wave Intensity Analysis
CF DF BP PO
R|p| (%)
POST 38.6 ± 14.5 49.3 ± 19.1 29.7 ± 18.6 29.9 ± 9.6
PRE 26.9 ± 5.0 33.1 ± 21.0 / 27.6 ± 19.0
Table 5.5 – Average ± SD of the reflection index R|p| in the vessels of a bypassed
(POST) and occluded (PRE) leg.
the FCW created by the LV contraction at the opening of the aortic valve, the
BCW reflected by the vasculature and the FEW generated by the LV relaxation
at closure of the aortic valve.
Subjects analysed
In order to fully understand the physiological signals treated in this work,
let us recall the pathology of our subjects.
Our subjects are elderly people suffering from severe atherosclerosis; their
distal arterial network presents an increased rigidity due to the arterial wall
calcification (cfr Chapter 2). When a synthetic bypass material is used, because
the graft material presents a smaller radial compliance (Daniele et al., 2003), the
wall stiffness is increased as well. Thanks to the bypass, their peripheral run-off
reaches normal values of flow. Indeed, vascular surgical literature demonstra-
ted that a flow rate greater than 50 ml/min in the bypass is recommended
for a bypass successful outcome (Stirnemann et al., 1994). These physiological
conditions are particular to our subjects and are not met in normal conditions.
Furthermore, because of the vasodilation induced by anaesthesia, velocity
waves present a biphasic waveform (Subsection 2.2.5, Chapter 2). Regarding
the pressure, waveforms are similar to what is observed in old healthy subjects
(Kelly et al., 1989). Contrary to the aorta, the dicrotic notch is not apparent in
the femoral pressure waves, because of their location below the iliac bifurcation.
In fact, the important reflection created at this point does not travel in the leg
arteries.
Comparison with a healthy femoral artery
Recently, the wave intensity in healthy femoral arteries has been analysed
using the logarithm of diameter and velocity data (lnDU method) (Borlotti
et al., 2010; Feng and Khir, 2010). This method has been applied to in-vitro
data and produced wave intensity patterns very close to those obtained with
the classical pu analysis (Li and Khir, 2011). Even if intensity values may not
be compared (m2/s instead of W/m2), times of arrival of waves as well as ratios
between peaks remain very similar. A representative example of the diameter,
velocity and wave intensity in the femoral artery of a healthy patient is shown
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in Figure 5.2, left. Notice that this pattern of waves is similar to that observed
in the aorta (Khir et al., 2001a; Koh et al., 1998).
The comparison of the wave intensity patterns between the healthy and
pathological femoral arteries brings to the fore the influence of our pathological
subjects (Figure 5.2). In order to emphasize the duration of each individual
wave, areas under the pressure (or diameter), velocity and wave intensity signals
are colored.
– In bypassed signals, waves are wider and extend over a longer period of
time (Figure 5.3).
– In the pathological pressure, as soon as the systolic peak is reached, the
pressure starts to decrease without reaching any plateau. As a result,
pressure and velocity waves reach their systolic maxima nearly at the
same time. The wave intensity pattern reflects this: the FEW (responsible
for reducing p) arrives quickly after the FCW.
In the healthy femoral, once the systolic diameter is reached (at the end
of the BCW), there is a period without any significant wave intensity.
The diameter wave reaches some systolic plateau before decreasing at
the beginning of the FEW. In that case, the velocity reaches its systolic
peak (at the end of the FCW) earlier than the diameter signal (at the
beginning of the FEW).
– While the reflected wave has a notable effect on the signals in the healthy
subject (start of decrease of velocity, additional increase of diameter), its
effect is more diffused in the pathological case, due to its simultaneous
arrival to the FCW and FEW.
Comparison with a stented artery
We have studied wave intensity in a stenosed and stented leg (stent on
the superficial femoral artery) during arteriography, on two subjects (Lacroix
et al., 2012). Data were also acquired invasively using Volcano guide wire (cfr
Section 2.1 of Chapter 2). Fig. 5.4 presents an example of patterns observed in
the femoral artery above and below the stent, with stenosis and after dilatation
and stenting.
We observe a large decrease of intensity downstream of the stenosis, similarly
than in the occluded popliteal artery, even though the decrease is less marked
in the stenosed artery. Regarding the pattern of waves, waves are wider than
in the healthy condition like in the occluded and bypassed legs. The time delay
between the FCW and the FEW in the stented artery seems to be longer than
in the bypassed case.
The main observation from this clinical case is the similarity in width of
waves with the bypassed condition, even if the pathology of these arteries is
not as severe as the bypassed ones.
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Healthy subject Bypassed lower-limb
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Figure 5.2 – Typical patterns of waves in the femoral artery of a healthy subject
(left) and patient operated with femoro-popliteal bypass surgery (Patient #23)
(right). From top to bottom: diameter D or pressure p, velocity u and wave
intensity dI (total, forward and backward components). The pulse wave veloci-
ties measured by lnDU -loop or PU -loop are 6.7 m/s and 19.0 m/s respectively.
The colored area under the D, p, u, dI signals represent the duration of each
individual wave: FCW in red, BCW in blue and FEW in green.
Healthy data provided by A. Borlotti and P. Segers (Borlotti et al., 2010).
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Figure 5.3 – Average timing of the three waves in the common femoral artery
of a healthy (top) and a bypassed leg (bottom) over a cardiac cycle: FCW is
in red, BCW in blue and FEW in green. Healthy data provided by A. Borlotti
and P. Segers (Borlotti et al., 2010).
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Figure 5.4 – Wave intensities upstream and downstream of an arterial stenosis
in the superficial femoral artery, at occlusion (Pre-Stent) and after dilatation
and stenting of the artery (Post-Stent). Forward wave intensity dIf is in grey
line and backward wave intensity dIb in black line.
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Longer and wider waves
Compared with healthy data, waves in the bypassed lower-limb arteries
present a different timing that results from their longer duration. As observed
in Figure 5.3, waves are not shifted in time; they are flattened: they start earlier
and finish later. Because of this, the FEW arrives quickly after the FCW and the
BCW superimposes with the forward waves. Two hypothesis could justify this
particular pattern: either forward waves generated by the LV are wider, or waves
widen while they propagate towards the lower-limb arteries. In both cases, we
observe large FCW, the reflections of which are also large. As no measurements
were taken in other systemic arteries than the lower-limbs during the bypass
surgery, we can not reject for certain one of these hypotheses. Though, because
the LV is influenced by the complete arterial vasculature while it ejects blood,
it would seem more likely that the LV generates this particular pattern of wider
waves. This longer and continuous effort generated by the heart could be due
to the pathological condition of our patients: increased rigidity of the arterial
wall and reduced cross-sectional area. These assumptions are verified with the
study of stenosed and stented lower-limb artery, as a similar pattern of waves is
observed in these pathological arteries. Though, they would need to be verified
with further study focusing on other arteries from atherosclerosed subjects.
Comparison with upper-limb arteries
Because of the similarity of their location in the arterial network, it is in-
teresting to compare the lower-limb with the upper-limb WIA (Zambanini et al.,
2005). Indeed, both brachial and femoral arteries give rise to a closed periphe-
ral network: the arm and the leg respectively. Though, besides the difference
in timings previously stated, an additional wave is observed in the upper-limb:
a FEW wave at mid-systole (X wave on Figure 2 in Zambanini et al. (2005)),
responsible for an increased blood deceleration and rate of fall of pressure. The
intensity of this wave increases in the more peripheral sites. Zambanini et al.
suggested that the origin of this mid-systolic wave is the result of the reflection
of the BCW from a proximal open-end type reflection site.
This additional wave is not observed in the bypassed lower-limb arteries, even
in the distal vessels such as the posterior tibial artery. It might be comprised in
the FEW of larger intensity and longer duration. Though, considering the very
low intensities of the BCW observed in the distal vessels of the leg (Table 5.2),
re-reflections would be hardly remarkable. In the hand, reflections arise from
an open-type reflection site. An equivalent site could possibly be observed in
the foot. Our observations are focusing on the arteries between the hip and
the knee and are therefore located relatively far from this potential reflection
site. Notice that this additional mid-systolic FEW is also not observed in the
healthy femoral arteries.
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In the arm, reflections increase as waves propagate distally towards the
hand circulation. Zambanini et al. related this either to the anatomy of the
hand circulation or to the level of resting vasoconstrictor tone in the hand.
This is opposite to what is observed in the bypassed leg (Table 5.2).
Evolution of the wave energies throughout the leg
In bypassed leg, the wave energies of the FCW and FEW progressively
decrease as waves travel towards the peripheral distal arteries. This dissipation
of wave energy might be explained by the blood distribution through small
collateral arteries. As we detail in the next section, an important dissipation of
wave energy is observed in the presence of blood leakage.
The increase of the BCW intensity from the distal to the proximal artery
results from the superimposition of multiple reflections that originate along
the leg. These reflections might be small and diffuse or large and punctual,
depending of their origin.
Reflection of waves
In comparison with the carotid and upper-limb arteries, we have observed
that the BCW arrives later in bypassed arteries. Reflections are indeed genera-
ted at different sites: at the iliac bifurcation in the aorta, in the vasculature of
the hand in the upper-limb or in the Circle of Willis of the head in the carotid.
In lower-limbs, diffuse reflections originate at the distal peripheral network. Be-
cause the leg arteries run over longer distance than in the hand or head, the
reflected waves arrive later. When a bypass is inserted, if the impedance mis-
match with the surrounding arteries is great, it creates an additional punctual
reflection, especially at the distal anastomosis where the popliteal artery is of
smaller caliber. Considering the lengths of the bypasses (from 30 to 50 cm, see
Table 2.3 of Chapter 2), the reflected wave arrives later than in other arteries.
We also observe that the introduction of the bypass increases the reflections:
in PRE state in the CF, reflection index R|p| and wave intensities of the BCW
are smaller than in the POST state. Furthermore, in an occluded leg, the BCW
seems to arrive slightly later than in the bypassed condition. This indicates
that the origin of reflections are different in these two situations. In the oc-
cluded case, the reflection seems to originate from the very distal vasculature,
inducing the delay and damping. This is opposite to our expectations, there is
no localized great reflection arising from the occlusion of the superficial femoral
artery. In bypassed arteries, reflected waves result from the superimposition of
multiple reflections along the leg: at the proximal and distal anastomosis, and
at the peripheral network downstream of the deep femoral and tibial arteries.
136 Chapter 5. Wave Intensity Analysis
5.3 Patient-specific results analysed with a
numerical tool
In this second section of results, we analyse the variations of wave intensity
that might be observed in bypassed lower-limbs by using the numerical model
previously described. Initially motivated by patient-specific observations, we
use simulations from the 1D-0D model to simulate hypothetical different bypass
parameters and further understand some abnormal hemodynamics.
Two clinical cases will be considered: the influence of reflections and the
effect of blood leakage.
5.3.1 Reflections
In this subsection, we analyse the reflections produced in the bypassed leg
of one specific patient, resulting from the insertion of the bypass graft. Notice
that achieving this analysis on average data is not pertinent, considering the
different types of bypasses used and patient’s conditions. With the use of the
numerical model, we analyse the variation of reflections if another bypass type
had hypothetically been used.
In-vivo results
The peripheral network of the patient of interest (patient #23) presents a se-
vere pathology before surgery: arteries are diseased to such a point that their
rigidity (high pulse wave velocity (2 to 3 times larger than normal) and low
area compliance (10 times smaller than normal)) is close to the rigidity of the
synthetic Gore-Tex bypass graft (see patient #23, Appendix B). As arteries
and graft present similar diameters and rigidities, the reflection coefficient of
the CF bifurcation (into the DF and BP) is close to zero (Rf,CF = −0.094),
characterising a well-matched bifurcation. Thus, forward and backward waves
are transmitted through this bifurcation without any new reflection (Figure 5.5
(top)). At the distal anastomosis of the bypass (BP-PO discontinuity), the re-
flection coefficient is positive (Rf,BP = 0.30) and some reflections are observed
in the BP. The peripheral network distal to the popliteal is only responsible for
weak and diffuse reflections that are produced by the capillaries.
Notice that a large wave energy drop is observed in the deep femoral artery.
This is probably due to an error in the data acquisition (the guide wire might
be too close to the arterial wall), as pressure and velocity both largely decrease.
Velocity waveforms measured a few days after surgery do not present any par-
ticular drop.
Numerical model
The parameters of the 1D-0D model used to simulate the patient-specific results
are listed in Appendix B for patient #23. Except for the deep femoral artery,
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comparison of in-vivo data and numerical simulations reflects the accuracy of
the numerical simulation (Figure 5.5). Similarly to in-vivo observations, the pe-
ripheral networks modeled by 0D windkessel models, produce weak reflections
in the DF and PO arteries.
The numerical model allows to simulate the wave pattern if a softer bypass
had been used. This softer bypass is characterised by c = 10 m/s; reflection
coefficients are then equal to Rf,CF = −0.34 and Rf,BP = 0.62. Notice though
that this simulation will be approximate as we use the same signal at the
inlet for both simulations, i.e. the forward component of the in-vivo velocity
measured in the CF (while the stiffer bypass is inserted in the leg).
Figure 5.5 (bottom) compares these two numerical simulations. When a
softer bypass is inserted, a large reflected wave is created at the BP distal
anastomosis which propagates back in the CF while the forward waves in the CF
remain nearly identical. In this case, a strong compliance mismatch between the
graft and the surrounding arteries is a source of great reflections. Considering
the negative impact of important reflections on the cardiovascular network, the
compliance mismatch should be taken into account when choosing the bypass
parameters, especially when the patient’s arteries present increased rigidity.
5.3.2 Leakage
When studying hemodynamical outcomes of surgeries, there is a chance to
analyse unexpected results. In the following, we describe the effect of blood
leakage on the WIA.
In-vivo results
The bypass used for the patient #19 is made of a saphenous vein used in-situ.
The vein is not removed from its natural surrounding but its valves are ex-
tracted in order to allow blood to flow downwards. Furthermore, side branch
fistulae of the vein need to be ligated in order to avoid leakages.
The waves present an unexpected strong decrease in intensities as waves
travel towards the distal network (see Figure and Table of Patient #19 in Ap-
pendix B). Also, the flow distribution through the upper-leg shows a drop of
33% of the local flow at the CF bifurcation and at the distal anastomosis. This
is due to blood leakage through small collateral arteries and side branch fistulae
which have not been properly ligated during surgery.
Numerical model
By using the numerical model, we confirm the wave intensities variation in-
duced by leakages. To model leakages, we followed Leguy’s approach (Leguy
et al., 2010) and inserted two extra side branches at medium length of the CF
and venous BP (as detailed in Subsection 4.1.3, Chapter 4).
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Figure 5.6 presents the comparison of numerical waveforms in arterial net-
works with and without collateral vessels. We observe indeed, similarly to in-
vivo results, a decrease of wave intensity when leakages are present.
Even in the presence of abnormal hemodynamics, the WIA method allows
an efficient analysis of waves in the arterial system. In clinical practice, when
coupled with the classical ultrasound exams, this approach could become a
useful confirmation tool that would help avoid post-surgery corrections.
5.4 Conclusion
In this chapter, we have shown that WIA could be efficiently applied to
study bypassed and occluded lower-limb arteries. Due to the condition of the
subjects (atherosclerosis, bypass surgery, elderly people), the pattern of waves
is influenced: waves are wider and last longer than in healthy femoral arteries.
One hypothesis to explain this physiological observation is that the heart needs
to develop a longer effort in order to overcome the increased rigidity of the
arterial network. This hypothesis would need to be verified in future works.
In the lower-limbs, reflections created by the peripheral vasculature are
small and diffuse. Though, due to the insertion of the bypass, large and punc-
tual reflections might be created if the bypass impedance differs strongly with
the impedance of the surrounding arteries. While waves travel towards the pe-
ripheral distal arteries, their energy decrease. As observed in the presence of
great leakages, such decrease is mainly due to blood distribution through small
or large collateral arteries.
The insertion of the bypass modifies the reflections in the leg. In this analy-
sis performed on 4 patients (with PRE and POST conditions), the reflections
appear to increase and to arrive earlier with the introduction of the bypass. This
shows that the origins of reflections differ. Surprisingly, it seems that the long
arterial occlusion of the superficial femoral artery does not generate any great
localized reflection. This result would need to be verified on a larger number of
subjects in future works.
Limitations of the method.
Invasive data acquisition and local or general anaesthesia may alter blood
hemodynamics, although no inotropic or vasodilatory drug were given at the
time of measurements. The wave intensity analysis might differ quantitatively,
but should not be qualitatively different from those obtained with non-invasive
measurements obtained on conscious patients. Due to our data acquisition
protocol, the number of studied patients was small; though the findings were
consistent in all patients. Large standard deviations might be observed when
averaging variables on all 9 subjects, which are explained by the variability in
patient’s conditions and pathologies.
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In cases of unsimultaneous measurements of pressure and velocity, care
should be taken when aligning signals and applying filtering. As mentioned in
previous works (Khir et al., 2007; Parker, 2009), incorrect temporal alignment
might bias the determination of the linear part of the PU-loop, and therefore
the wave speed. Also, WIA is rather sensitive to temporal delay and noise in
experimental measurements since the method implies the multiplication of two
derivatives.
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CHAPTER 6
Reservoir-excess separation
In the separation of the pressure and velocity waveforms into their forward
and backward components, Wang et al. (2003) pointed out non-logical ex-
planation given by the wave theory for the behaviour of the separated waves
during their diastolic decay. As illustrated in the left part of Fig. 6.1, large
and simultaneous forward and backward waves are present during that period,
while the aortic valve is closed and the left ventricle is not generating impulsion
anymore. Therefore, the typical exponential pressure decay observed in dias-
tole is obtained by adding these two pressure components, while the zero or low
diastolic velocity results from velocity components canceling each other out.
In order to explain these diastolic observations, Wang et al. introduced the
reservoir-excess hypothesis as an approach based on the windkessel theory and
complementary to the wave propagation theory. It suggests that the pressure
in the arteries is made of two components: a reservoir pressure P (t) induced
by the compliance of the arteries (windkessel effect, the arteries expand or
contract themselves in order to reduce blood variation) and an excess pressure
that drives the arterial waves p˜(x, t):
p(x, t) = P (t) + p˜(x, t) . (6.1)
In diastole, the reservoir pressure describes the pressure fall-off very well such
that the forward and backward components of the excess pressure are almost
nul, which is coherent with physiological observations (Fig. 6.1, right).
The reservoir-excess hypothesis has been successfully applied to the arte-
rial (Wang et al., 2003) and the venous system (Wang et al., 2006). In the
arterial circulation, while the approach was initially considering aortic wave-
forms, the work and its hypotheses have been extended to other large arteries
of the cardiovascular system (Aguado-Sierra et al., 2008b; Vermeersch et al.,
2009b; Aguado-Sierra et al., 2008a). This improved algorithm for pressure sepa-
ration is based on assumptions which might become less valid in distal arteries
because of the more significant effect of reflected waveforms.
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Figure 6.1 – Separation of the pressure (top) and velocity (bottom) into forward
and backward components. Separation is performed on the measured signal
p, u (left) and on the excess components p˜, u˜ obtained after subtraction of the
reservoir component (right). Wave speed used for separation is c = 19 m/s for
both total and wave signals. Diastolic pressure p0 is subtracted from pressure
waveforms for ease of visualisation. Reservoir pressure P and velocity U are in
red. Data were measured in the common femoral artery of a bypassed leg.
In order to bring a new interpretation of the hemodynamics in the bypassed
lower-limbs, we apply the reservoir-excess separation to our database of pressure
and velocity measurements (as presented in the Introduction and summarized
in Appendix B). As the newly developed algorithm for computing the excess
and reservoir components requires only the pressure measurement (Section 6.1),
it could be applied to the in-vivo pressure signals acquired on the 25 patients
of our database where measurements are taken along the leg, with the femoral
artery occlusion and after insertion of the bypass graft (Section 6.2). Because
we are considering a particular population, we also intend to point out the limi-
tations of the method when applied to small, distal and pathological arteries.
Using this new separation of waves, the importance of reflections will also be
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discussed. Furthermore, the computation of the forward and backward wave
intensity based on the excess pressure will be performed for the patients pre-
senting a simultaneous acquisition protocol and these signals will be compared
to the classical computation of wave intensity from total signals (Section 6.3).
6.1 Algorithm for pressure separation in an
arbitrary artery
The reservoir-excess separation initially introduced by Wang et al. (2003),
computed the reservoir pressure using the pressure and flow at the inlet of the
arterial system. Recently, an extension of this algorithm to all arteries has been
developed, which is based on empirical hypotheses and only requires pressure
measurement alone in the artery of interest (Aguado-Sierra et al., 2008a). We
briefly present the methodology in the following.
The reservoir pressure P at an arbitrary location can be determined from:
dP
dt
= a(p− P )− b(P − P∞) (6.2)
where a = γ/C and b = 1/τ are the rate constants of the system. P∞ is the
constant pressure at which flow through the microcirculation is zero. This re-
lation results from the conservation of mass at the inlet of the arterial system
(dVdt = Qin−Qout, with V the volume of the arterial system, Qin and Qout the
flow at the inlet and outlet of the arterial system), together with the assump-
tions that the compliance of the whole arterial tree is constant (C = dVdp ) and
that the outflow is driven by the gradient between P and the arterial asymp-
totic pressure P∞ (Qout = P−P∞R ). Furthermore it is based on the two following
assumptions: (1) the pressure waveform decay behaviours measured at different
locations within the arterial system are similar during diastole; (2) the excess
component of pressure p˜ measured in the ascending aorta is approximately
proportional to the cardiac outflow (Qin = γ(p− P )).
The solution of Eq. (6.2) is found by considering separately the diastolic
and systolic phases. We define tN as the time at which the aortic valve shuts at
the end of systole. In aortic arteries, tN can be found as the time of the dicrotic
notch; but for pressure waveforms without a clearly marked notch such as in the
lower-limbs, the determination of this time is very sensitive. Following Aguado-
Sierra et al. (2008a), tN is computed as the time of the first zero crossing of
the second derivative of pressure at the end of systole. During diastole, the
reservoir pressure is given by:
P − P∞ =
(
P (tN )− P∞
)
e−b(t−tN ) , tN ≤ t ≤ T (6.3)
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where T is the cardiac cycle duration. During systole, P is given by
P =
b
a+ b
P∞ + e−(a+b)t
(∫ t
0
a p(t′) e(a+b)t
′
dt′ + P0 − b
a+ b
P∞
)
0 ≤ t ≤ tN (6.4)
where P0 corresponds to the start point of the onset of P . P (tN ), P∞ and b
are estimated by fitting Eq. (6.3) to the measured pressure data, by using an
unconstrained nonlinear optimization routine, minimizing the sum of squares
of the error between fitted and measured pressure data. The parameter a is ob-
tained by enforcing continuity between systole and diastole reservoir pressures,
at tN . Finally, P is determined for the entire period from Eqs. (6.3) and (6.4).
The velocity can also be resolved into a reservoir and excess components:
u = U(x, t) + u˜(x, t) (6.5)
where the reservoir velocity U also depends upon position, contrarily to the
reservoir pressure. U is directly proportional to P − P∞ at the end of diastole,
when wave activity is expected to be minimal:
U =
P − P∞
R¯
(6.6)
where R¯ is the effective resistance of the vessels downstream of the measurement
site. R¯ is computed from time-averaged pressure and velocity (< p > and < u >
respectively) during diastole (tN ≤ t ≤ T ): R¯ = <p>−P∞<u> . The excess velocity
is then u˜ = u− U .
In order to assess the success of the algorithm, we verified that the dias-
tolic exponential decay of P was positive (τ > 0) and that the asymptote of
the exponential fit P∞ was lower than the maximum of the input pressure
(P∞ < max(p)).
We applied this algorithm on all pressure waveforms from our database
(about 150 waveforms measured invasively on 25 patients, before and after
bypass graft insertion). The algorithm failed in only four cases; all of them
were taken in the popliteal artery (below the femoral occlusion or distally to a
bypass with a poor run-off flow). These signals were very damped and noisy,
with a diastolic decay convex rather than concave (Fig. 6.2). In these cases, by
determining manually the time of start of diastole tN , the algorithm produced
valid results.
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Figure 6.2 – Illustration of the failure of the algorithm applied to a popliteal
signal of an occluded leg. The measured pressure is in black. When determining
tN with the algorithm, the reservoir pressure signal does not present a correct
exponential decay (dashed grey line, tN = 0.89 s, τ = −0.378, P∞ = 60 mmHg).
A better result for P is obtained when tN is determined manually (continuous
grey line, tN = 0.53 s, τ = 1.09, P∞ = 47 mmHg).
6.2 Pressure separation in bypassed lower-limbs
The following section presents the results of the separation into reservoir and
excess components. We start by discussing the assumptions at the base of the
algorithm. Observations about the reservoir and excess components in occluded
and bypassed legs follow. Then, the pressure distribution of components puts
to the fore the small influence of the reflected waves in the total signal. Finally,
we discuss the values of the reflection coefficient in the four vessels of the leg.
6.2.1 Assumptions
From the two assumptions at the base of the algorithm, we will only be
able to verify the first one (similar diastolic pressure decays in all arteries).
Regarding the second one (proportionality between the excess pressure in the
ascending aorta and the cardiac outflow), as we do not have cardiac measure-
ments at our disposal, we will assume its validity for the rest of this work.
Notice that achieving a comparison between the local arterial flow and excess
pressure would not be efficient. Unlike the pressure which is well-matched at
bifurcations, the flow waveform that propagates is greatly influenced by its di-
vision at bifurcations and by local reflections. The distal flow is therefore very
different from the cardiac outflow.
The other assumption requires that the pressure waveform decays at diffe-
rent arterial locations are similar during diastole. In the bypassed leg, in about
half of the patients analysed, this assumption is verified in all the arteries
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of the leg. In the other cases, we observe a different diastolic decay in the
popliteal artery, while it is similar in all arteries above. Discrepancies are also
observed a few times within the deep femoral artery. In these cases, the artery
is not considered for further analysis. We explain this difference in the popliteal
diastolic decay by a decrease of the compliant elasticity of this distal network,
induced by the atherosclerosed condition of the artery or by the insertion of the
bypass graft. Notice that, in some patients on the contrary, even if a pressure
drop is observed in the popliteal artery, its diastolic decay remains identical to
above arteries (Fig. 6.3). In arteries of occluded legs, the popliteal pressure is
strongly damped (see Section 2.2.3, Chapter 2) and its diastolic decay is always
different from above arteries.
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Figure 6.3 – Similar (left) versus different (right) diastolic decays between the
common femoral (continuous line) and popliteal (dashed line) arteries in the
bypassed leg of two patients. Diastolic pressure p0 is subtracted from pressure
waveforms for ease of comparison.
6.2.2 The reservoir components
The reservoir pressure is determined by the elastic compliance of systemic
arteries. During systole, the aorta (the most compliant artery) is stretched by
blood entering the vessel and the rise in pressure is restrained. During dias-
tole, at the closure of the aortic valve, the elastic aorta loosens up and the
reservoir effect avoids pressure to fall directly to the mean circulatory filling
pressure (Davies et al., 2007). This effect is visible in the entire arterial system
in diastole; indeed, the rate of decrease of diastolic pressure is almost identical
in most arteries of the human body.
The reservoir pressure waveform was found to be common throughout the
arteries. This conclusion follows from measurements in healthy subjects along
the aorta and at the carotid and brachial arteries (Davies et al., 2007). No-
tice that reservoir pressures were similar even if these arteries have different
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structures (elastic vs muscular arteries) and present different local resistances
and compliances. Also, similar reservoir pressures were found when analysing
numerical waveforms along the arterial tree, obtained with a coupled 1D-0D
model of the arterial network (Aguado-Sierra et al., 2008a).
When analysing reservoir pressures in bypassed lower-limb arteries, we only
took into account the signals respecting the first assumption of the algorithm,
as described above. On basis of results described in the literature, reservoir
signals at different arteries of a subject’s leg were considered similar when the
deviation of amplitudes between curves did not exceed 15%:
max
leg
(|P |)−min
leg
(|P |)
max
leg
(|P |) < 15 % (6.7)
where |P | represents the amplitude of the reservoir pressure. In 15 patients out
of 25, the reservoir pressures were similar in the vessels of the leg. Among those,
we observed similarity between arteries including the popliteal artery in only 5
subjects. Fig. 6.4 presents an example of non-similar reservoir pressures. Notice
that fixing an identical start of diastole tN for all arteries of the leg does not
modify the similarity between reservoir pressures.
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Figure 6.4 – Total pressure p (left) and reservoir pressure P (right) in the
common femoral, deep femoral arteries and bypass graft. Diastolic pressure p0
is subtracted from pressure waveforms. The grey points indicate tN . Even if
total pressure waveforms are relatively similar to each other, reservoir pressure
components deviate of 20%.
Therefore, the conclusion that reservoir components of pressure are similar
throughout the arterial network presents some restrictions when peripheral,
pathological and grafted arteries are considered. The insertion of the bypass and
the pathology of the lower-limbs modify the wave propagation in these vessels.
New reflections might be created because of the bifurcation and junction at
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anastomoses of the bypass. Above all, the graft material and the atherosclerosis
disease modify the elastic compliance of the peripheral network of the leg.
From its definition, the reservoir velocity is proportional to the reservoir
pressure. Even though, U presents a very flattened contour which fits the diasto-
lic period quite well, even when diastolic fluctuations of u are observed (Fig. 6.1).
The average value of the fitted asymptote of the exponential decay P∞
reaches 49± 14 mmHg, all valid arteries taken together. When considering ar-
teries separately, P∞ decreases from the common femoral (53 mmHg) to the
popliteal artery (48 mmHg). According to the model at the base of the algo-
rithm, this value represents the pressure at which flow through the microcir-
culation ceases; P∞ is not necessarily the venous pressure but could be related
to the tissue pressure surrounding the microcirculation. This value is indeed
much higher than the venous pressure used in this work (pout = 20 mmHg). As
a result, the time constants of the diastolic decay computed with this model
(, τRW) are lower than those computed with the exponential fitting method
based on the 2-element windkessel model (, τexp, see Section 2.3.2, Chapter 2);
mean values are τexp = 1.14± 0.43 s versus τRW = 0.46± 0.25 s. Notice that, in
the Asklepios population study (Vermeersch et al., 2009b), a linear regression
performed on τRW and τexp (computed from the 3-element windkessel model)
found an excellent correlation between both parameters.
6.2.3 The excess components
Similarly to the central arteries, when accounting for the reservoir pressure
in the lower-limb arteries, the excess pressure and velocity are only significant
during systole, while they are almost zero during diastole, when wave activity
is expected to be minimal (Fig. 6.5). This is also true for forward and backward
excess components (Fig. 6.1).
Along the leg, the evolution of the excess pressure is similar to the evolu-
tion of the total pressure. In bypassed legs, no particular decrease is observed
towards the distal arteries.
6.2.4 Pressure components distribution
When accounting for the reservoir pressure, the forward and backward com-
ponents of pressure present a new distribution. Indeed, the reservoir pressure
represents a larger contribution to the total pressure than the excess coun-
terpart does (Aguado-Sierra et al., 2008a; Tyberg et al., 2009). Therefore, in
contrast to widely held assumptions, the influence of reflected waves is largely
reduced.
This is observed as well in the lower-limbs (Table 6.1). The contribution
of the reservoir pressure to the total pressure (computed as the area under
the curves) reaches about 72% in average for all valid arteries. The forward
and backward components of p˜ accounts for 22% and 6% respectively. If the
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Figure 6.5 – Total and excess components of pressure (left) and velocity (right).
reservoir hypothesis is not considered, these values reach 73% and 27% instead.
We see that the relative importances of reflections strongly varies depending
on whether one considers the reservoir component or not.
Ignoring Accounting for
reservoir reservoir
Reservoir - 71.5± 10
Forward 72.7± 11.4 22.3± 14
Backward 27.3± 11.4 6.2± 11
Table 6.1 – Average pressure components distribution in % of the total pressure,
in the arteries of bypassed legs.
Notice that we use the same wave speed (computed from pressure-velocity
loop) for the separation of forward and backward components for both total
and excess signals. When analysing the slopes of p˜u˜ and pu loops (Fig. 6.6),
the wave speeds appear to be almost similar: the relative difference, computed
as the mean ratio of the difference (cpu − cp˜u˜) to the average of both results,
is limited to 2.6%. In carotid arteries, it was also observed that wave speeds
computed from total or excess signals produced similar values (Aguado-Sierra
et al., 2008b). While in the carotid, equivalent results were found when using the
PU-loop or single-point methods, the reservoir-excess separation has a stronger
impact on the single-point method when applied to the lower-limb arteries. If
we compute the wave speeds using the single-point method, we observe a larger
relative difference of 38% between total and excess signals. In the following,
forward and backward separation will therefore use the PWV from the PU-
loop method.
We obtain similar contribution of the reservoir pressure in occluded legs
(before bypass grafting): the reservoir pressure accounts for 75% of the total
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Figure 6.6 – Pressure-velocity loops: pu (continuous black line) and p˜u˜ (grey
dashed line). Arrows indicate the direction of the curves. Slopes are similar in
the initial part of systole.
pressure. The insertion of the bypass induces variations of the reservoir pressure
P that greatly differ between patients. In only 25% of all subjects, we observe
similar P in the common femoral artery (above the occlusion or proximal anas-
tomosis) before and after bypass grafting; half of the rest of the subjects pre-
sents an increase of P after bypass (+33%), while a decrease in the other half
(-40%). The compliance of the peripheral network is indeed modified thanks
to the insertion of the bypass graft (see Section 2.3.2, Chapter 2). In the five
patients whom evolution of the compliance from pre- to post-operative states
is measured, we observe indeed a similar variation than the reservoir pressure
(in these cases, decrease of P and C). In all patients, we would have expected
an increase of the compliance of the network, and therefore an increase of the
reservoir pressure as blood flows through a new conduit. This might also de-
pend of the material of the graft, as synthetic materials present a reduced radial
compliance. Even though, there is no clear relation between graft material and
reservoir pressure variation. Notice that, as measurements on the occluded and
bypassed leg are taken within an hour during surgery, the condition and cen-
tral pressure of the patient might also have changed, inducing the variations
observed.
Recent works also showed that the modification of the pressure profile with
age is mainly due to the augmentation of the reservoir pressure (because of
the decrease of the compliance of arteries) rather than the augmentation of the
distal reflections (Davies et al., 2010; Vermeersch et al., 2009b). This conclusions
also holds for the augmentation index AIx mainly determined by the reservoir
pressure rather than the reflections (Davies et al., 2010).
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6.2.5 Reflection coefficient
In Aguado-Sierra et al. (2008a), it is suggested that the empirical assump-
tions at the base of the algorithm become less valid when wave reflections
become significant. In order to assess the reflections in distal arteries of the
leg, we compute the reflection index or magnitude R|p|, defined as the ratio
of the amplitude of the backward to the forward pressure wave (Vermeersch
et al., 2009b). This index can be computed with the forward and backward
components of the total signals (pf , pb) and of the excess signals (p˜f , p˜b). Ave-
rage results for the four vessels of the leg are resumed in Table 6.2 (only valid
and bypassed arteries are considered). Because of the addition of backward-
travelling reflections, the reflection index is smaller in the popliteal artery than
in the common femoral artery. Even if less reflections are present in the distal
leg, the algorithm is less easily applicable in distal arteries. This observation
is in contradiction with the suggestion from Aguado-Sierra et al. (2008a). Our
results show that the presence of important reflections does not necessarily
implies that the algorithm becomes less valid.
R|p| (%)
CF DF BP PO
Ignoring reservoir 37 50 28 26
Accounting for reservoir 32 40 23 28
Table 6.2 – Average reflection index R|p| in the four vessels of the bypassed
leg, computed on the total signals (ignoring the reservoir component) or on the
excess signals (accounting for the reservoir component).
CF: common femoral. DF: deep femoral. BP: bypass. PO: popliteal.
This conclusion is in agreement with Vermeersch et al. (2009b) who sug-
gested that the greater R|p| becomes, the better the reservoir pressure concept
holds. They suggested that the reservoir pressure concept shows large similari-
ties with the classical 3-element windkessel model, and that this conclusion is
particularly emphasized in subjects characterised by a high reflection magni-
tude and high ’windkesselness’ of their arterial system.
When accounting for the reservoir pressure, the reflection index slightly
decreases in each vessel, except in the popliteal artery (Table 6.2). Even if,
when looking at pressure distribution, reflections are reduced in amplitude when
accounting for the reservoir component, their ratio to the incident wave is
almost similar. We suggest that the ratio of a reflected wave to the incident
wave, induced by a morphological feature (e.g. bifurcation, junction) remains
unchanged whether or not the reservoir pressure is considered. If one refers to
the reflection coefficient Rf defined using the characteristic admittance of the
vessels (see Eq. (5.3), Chapter 5), the amount of reflection is indeed computed
from the morphological and structural parameters of the vessels.
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In the aorta, unlike in the leg, Davies et al. (2010) showed that the reflection
coefficient (Rp, defined as the ratio of the peak of the backward to the forward
pressure wave) decreased by 71% when accounting for the reservoir. Some rea-
sons might explain this difference. The definition of the reflection coefficient Rp
might not be appropriate for excess signals: it does not consider the minimum
of the reflected wave which might be negative (see Fig. 6.1). Also, the separa-
tion of forward and backward waves is computed using the single-point PWV
which might be inaccurate for the excess signal, as discussed previously.
6.3 WIA applied to the excess component
The reservoir-excess theory suggests that the interaction of waves with the
arterial system is described by the excess components of pressure p˜ and velo-
city u˜. These components should therefore be used when analysing the wave
intensity of curves, rather than the total signals.
On basis of the previous analysis from Chapter 5 (Sections 5.1), we compute
the wave intensity dI˜ as follows:
dI˜ =
dp˜
dt
du˜
dt
(6.8)
and separate its forward dI˜f and backward components dI˜b using Eq. (5.2)
(with p˜ and u˜ instead of p and u). As previously mentioned, we use the pulse
wave velocity determined by the pu-loop to compute this wave separation.
Using the simultaneous measurements of pressure and velocity from our
database (9 subjects), we analyse the modification of the wave intensity pat-
terns induced by subtracting the reservoir component of the waves. Fig. 6.7
(left) presents typical variations observed in the common femoral artery of a
bypassed leg. We observe in almost all datasets that the magnitudes of the
three main waves of dI˜ (FCW, BCW, FEW) are modified differently. In the
forward compression wave (FCW), the amplitude is reduced while it remains
nearly constant (or slightly increases) in the forward expansion wave (FEW).
The backward compression wave (BCW), of small amplitude already, is fur-
ther reduced when the reservoir pressure is extracted from the signal. Fig. 6.7
(right) shows that the variation of dI˜ comes from the time variation of the
excess pressure, as du˜ is very similar to du (see also Fig. 6.5). Aguado-Sierra
et al. (2008b) observed a reduction by 20% of the amplitude of dI˜ in carotid
arteries, as well as small reflected waves. But they did not describe a different
variation in the two forward waves.
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6.4 Conclusion
In this chapter, we have presented the application of the reservoir-excess
separation to the in-vivo pressure and velocity signals acquired in occluded and
bypassed lower-limbs. The work is based on the model proposed by Wang et al.
(2003): this model states that waveforms are composed of a reservoir component
accounting for the elastic compliance of large systemic arteries, and an excess
component that propagates the arterial waves.
We have shown that the algorithm for reservoir-excess separation developed
by Aguado-Sierra et al. (2008a) can be efficiently applied to our in-vivo data.
Nevertheless, the validity of the results is not guaranteed in small and distal
arteries of the occluded or bypassed leg (mainly in the popliteal artery) since
the diastolic decay of the pressure waveforms in these vessels largely differ from
the upstream arteries, thus not satisfying the first assumption of the algorithm.
We were unable to assess the second assumption, since we did not have aortic
in-vivo measurements at our disposal to test it.
Unlike results from other studies, the reservoir pressure was not always simi-
lar in all arteries of the subjects analysed. Keeping in mind that our reasoning
is based on the assumption of validity of the algorithm, we suggest that the si-
milarity in reservoir pressures is limited to healthy, large arteries. Distal arteries
of the leg might indeed present small dimensions. Furthermore, the compliance
of the peripheral leg is modified by the insertion of the bypass graft and by the
increased stiffness of the atherosclerosed lower-limb arteries.
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The introduction of the reservoir-excess model brings a new interpretation
of the importance of the backward waves in the distal arteries. In the lower-
limbs, we observe that the reservoir pressure consists of 70 to 75% of the total
pressure, in occluded and bypassed legs. From the 30% of excess pressure, the
backward wave represents only 6% of the total pressure. These observations
support the suggestion from some authors that the backward wave is unlikely
to account for the large changes in pressure increase with aging and disease, and
that the global modification induced by age and disease results from variation of
the compliant elasticity of the arterial network (Davies et al., 2010; Vermeersch
et al., 2009b).
While the contribution of reflections to the total pressure is clearly reduced
when accounting for the reservoir component, we observed that the relative
importance of reflections against incident waves did not vary much with the
reservoir theory. Furthermore, even if important reflection indexes are observed
in the leg arteries, this does not seem to influence the validity of the reservoir-
excess separation algorithm.
The computation of the wave intensity from the excess components of velo-
city and pressure highlighted the diminished contribution of backward waves.
Furthermore, our results show that the amplitude of the FCW is decreased
while the FEW remains identical; the intensity gap between the two forward
waves is therefore reduced.
CHAPTER 7
Conclusion and perspectives
This thesis concludes with a summary of the achievements presented in the
previous chapters and with some directions of work for the future.
7.1 Summary and concluding remarks
This summary presents five aspects treated within this work: the acquisition
of in-vivo data, the validation of the patient-specific 1D-0D model of hemody-
namics in bypassed lower-limbs, its sensitivity analysis, the study of the origin
and propagation of waves, and finally, some clinical conclusions.
7.1.1 In-vivo data acquisition
In the first two chapters of this work, a brief review of current techniques
of data acquisition is presented, with a detailed description of the protocol of
in-vivo data acquisition that we followed. In view of the pathological clinical
cases treated, we had to cope with some constraints.
Considering the clinical and technical resources at our disposal, we have
decided to consider an invasive data acquisition protocol. This limitation has
restrained the number of subjects considered and analysed in this work. The
repeatability of measurements has also therefore been restrained by the surgical
setting. Our invasive data acquisition protocol did not allow measurements a
few days before and after surgery, neither a follow-up months after months.
Furthermore, measurements had to be realized while subjects were in surgery
under anaesthesia, which might alter blood hemodynamics. Variations induced
by vasodilation on the velocity waveforms have been described in Chapter 2
and were relatively limited; the pattern of waves remained almost similar with
increase of mean flow. Notice also that this type of data acquisition has been
used and validated in multiple studies without highlighting great variations
(Parker and Jones, 1990; Khir et al., 2001a; Sun et al., 2000; Penny et al.,
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2008; Hollander et al., 2001; Koh et al., 1998). One possible alternative to
this invasive in-vivo data acquisition would be to consider the measurement of
distension waveforms, as discussed in the outlook.
Within the NHEMO project, we have not been saved from the errors inhe-
rent to the elaboration of every experimental protocol. Many devices have been
tested with success or failure, and many solutions have been developed to cope
with the limitations of the clinical setting. Let us describe some of them.
– For the invasive pressure measurement by catheter, an electrical case has
been build and installed in the surgery room, to allow splitting of the
signal from the clinical device into the display screens of the surgery
room and the recording on a personal computer.
– Velocity signals acquired by Doppler ultrasound could not be saved dy-
namically, but only as a static DICOM image with representation of about
4s of velocity cycles. A Matlab R© routine performing image processing has
been written in order to extract the velocity curve semi-automatically
from DICOM images.
– Doppler ultrasound devices used to measure velocity during surgery had
to cope with the invasive aspect of surgery. Water cushions had to be
applied on open wound arteries in order to transfer the ultrasound waves.
– Erroneous measurements have been performed on 13 subjects. While
pressure was measured during surgery (patient under anaesthesia, inva-
sive measurement), velocity was acquired a few days after surgery, using
Doppler ultrasound exams on an awake and resting patient. In view of
the variability of the cardiovascular system, these two measurements did
not correspond to the same physiological state. The current protocol of
data acquisition has then been established.
Wiser with our experience, let us summarize here some advice for the
setting-up of an efficient in-vivo data acquisition protocol.
– When evaluating the condition of a subject, hemodynamic measurements
(pressure, velocity and diameter) should be realised simultaneously, or
at least, under similar physiological conditions with constant heart rate
(e.g. subject at rest, under anaesthesia, before or after surgical interven-
tion). If measurements are not realised simultaneously, the ECG signal
should be acquired together with the hemodynamical variables and used
for synchronisation.
– Ideally, in-vivo measurements should be realised non-invasively, in order
to easily widen the database of subjects and to allow multiple measure-
ments at different times. The subject should be laying down and resting
at the time of measurement.
– Stable signals should be acquired during at least five cardiac cycles, and
with an acquisition frequency of at least 100 Hz.
– For the analysis of the hemodynamics of pathological subjects, measure-
ments should be realised in a patent zone (avoid local stenosis or occlu-
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sions). Simultaneous imaging techniques might be needed to ensure the
localisation of the probe.
– When choosing one acquisition technique, it should be verified that the
level of precision is suffisant for the variable observed. For example, when
acquiring distension waveforms, the spatial accuracy should be well smaller
than the vessel diameter dimension (the pulsatility of the vessel is of the
order of 10% of the diameter). Also, when performing 3D segmentations
of small arteries, attention should be put on the spacing between slices
and the spatial accuracy to ensure quality of the result.
– In the case of invasive measurements, the probe (e.g. needle, guide wire)
should preferably be oriented downstream to avoid the increase from dy-
namic pressure. The tip of the probe should be localised with imaging
techniques in order to avoid errors and artefacts (e.g. tip along the wall).
7.1.2 Validation of the 1D-0D model
The first three chapters of this work have presented the different aspects
of the patient-specific validation of the coupled 1D-0D model of the arterial
hemodynamics in bypassed lower-limbs: the patient-specific determination of
the model parameters, the definition of the 1D and 0D models with emphasis
on the inlet boundary condition, and the validation of the numerical waveforms
compared to the in-vivo measurements. The importance of the inlet boundary
condition in truncated arterial networks has been discussed in Chapter 3: we
have shown the efficiency of imposing the forward component of a wave in an
absorbing way at the inlet.
In Chapter 4, we showed that the numerical simulations reproduce the phy-
siological observations in a satisfactory way; we observed that the pressure
simulations overestimate the pressure measurements. For some patients, im-
portant deviations of velocity and pressure curves were observed, and improve-
ments of the model have been suggested. We summarize them in the outlook
section. Two major improvements considered and applied in this work are the
introduction of leakages in the distal arteries of the leg, and a more precise
determination of the patient-specific parameters of the model.
The estimation of the patient-specific parameters is indeed a very impor-
tant aspect of this work. In Chapter 2, as well as in the Introduction Chapter,
we have presented and discussed different acquisition and computational me-
thods for their evaluation. As the results of the different computational methods
seemed to correlate relatively well, we rather suggest that the data precision
needs to be refined. The main difficulty encountered comes from our patho-
physiological application in the calcified, small and distal arteries of the leg.
Considering the imprecision inherent to every data acquisition protocol, we
advise the researcher willing to do patient-specific modeling of pathological
subjects to restrain to a truncated arterial network rather than to model the
complete arterial tree patient-specifically. The ‘forward absorbing’ boundary
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condition is also suggested at the inlet of the model, whether one considers 1D
or 3D models. It is not surprising to notice that no study has validated yet the
complete arterial tree on basis of patient-specific in-vivo data.
Finally, the one-dimensional modeling has proven to be relatively simple,
fast-computing and efficient to reproduce arterial hemodynamics. Even though,
this type of model presents limitations in the precise characterisation of the
bypass conduit, and particularly at the anastomoses, the critical zones of the
bypass where intimal hyperplasia is mostly observed after a few years. For
example, the precise distribution of the wall shear stress along the wall can not
be computed with this type of model. Also, the influence of the geometry (cuffs
or patches) can not be determined.
7.1.3 Sensitivity analysis of the 1D-0D model
The second part of Chapter 4 considers the sensitivity analysis of our 1D-
0D model. Even if this analysis is local (i.e. one parameter at a time fluctuates
around its initial value), it allows to give a good overview of the influence of
the different components of the model.
We have shown that the length of the bypass, as well as the compliance of
the distal arterial network does not influence significantly the numerical results.
Therefore, these parameters do not need to be measured with great precision.
On the contrary, the parameters that influence the results the most are the
diameter of the arteries and in particular the diameter of the common femoral
artery, the resistance of the peripheral networks and, with a reduced influence,
the rigidity of arteries with particular emphasis on the rigidity of the common
femoral artery. Notice that the importance of the structural properties of the
inlet artery of a truncated arterial network is a result that has never been
emphasized before in studies of 1D-0D models.
While pressure variations seem to be global (a perturbation in a vessel
propagates in the whole arterial tree), variations in velocity are local to the
vessel. The way pressure or velocity waveforms vary depends on the input
parameter. The directions and patterns of variation of pressure and velocity
have been presented in this study: it consists mainly of translations of the
whole curve and emphasis of the systole.
Another conclusion from the sensitivity analysis is the limited influence of
the bypass parameters on the hemodynamical 1D results in the leg arteries.
This observation points out another limitation of the 1D hemodynamics mode-
ling: the structural nature of a vessel is only characterised by one parameter,
the arterial stiffness. This type of model does not consider other important
mechanisms which interfere in the development of hyperplasia intimal, such
as the cellular adhesion along the endothelium, or the micro-structure of the
synthetic graft.
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7.1.4 Origin and propagation of waves
In Chapters 5 and 6, we still have studied 1D hemodynamics, but we have
considered another point of view: the origin and propagation of waves. While
Chapter 5 has studied the wave intensity analysis (WIA) (hemodynamics is
considered as succession of waves from and towards the heart), Chapter 6
has focused on the reservoir-excess separation (hemodynamics results from the
combination of a reservoir component due to the compliance of arteries and
an excess component that drives the arterial waves). We have shown that both
theories can be successfully applied to the pathological waves of bypassed lower-
limb arteries.
Restrictions have been pointed out concerning the reservoir-excess separa-
tion. Under the assumption of proportionality between pressure and flow in
the ascending aorta, the validity of the separation algorithm is not guaranteed
in small and distal arteries, such as the popliteal artery. Also, we have shown
that the pathological application of the reservoir-excess approach contradicts
observations from previous studies: the reservoir component is not similar in all
arteries of a patient. This comes from the modification of the vessel compliance
due to the bypass surgery, atherosclerosis and insertion of the bypass graft.
Notice also that the presence of reflections does not seem to impact the validity
of the algorithm.
The application of WIA in bypassed vessels presents interesting results.
The wave pattern generated by the heart presents great variations due to the
pathology of arteries: the waves are wider and last longer than what is observed
in healthy lower-limb arteries. On basis of similar and attenuated observations
in stented arteries, we suggest that this pattern is due to the atherosclerosis
and increased stiffness of the vessel walls.
Furthermore, the decomposition of the wave component alone (without its
reservoir counterpart) into forward and backward wave intensities has been
performed on our in-vivo data. Wave intensities (with and without the reservoir
component) still present the same pattern but show weak variations of the
amplitude.
Throughout this study, reflections of waves have played a significant role
in the interpretation of results. While they are of importance in the discus-
sion of the inlet boundary condition of the numerical model (reflections are
responsible for the shape variations observed between simulated pressure and
velocity waveforms), reflections from the distal vasculature of the leg appear
to be of weak intensity in the WIA. Though, significant punctual reflections
can be observed at marked discontinuities and bifurcations. In the reservoir-
excess approach, the relative importance of reflections remained identical, with
or without considering the reservoir component.
These different but simultaneous observations of reflections highlight the
importance of the point of view of analysis. From a wave-propagation approach,
the backward waves appear of weak intensity. Though, from the point of view
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of the time evolution of waves at an arterial location, the backward component
is far from negligible.
7.1.5 From a clinical point of view
Observations of the pathophysiology
In the first part of Chapter 2, pressure and velocity waveforms in the patho-
logical bypassed arteries have been described in details, at locations proximal
and distal to the occlusion, with their evolution from the healthy state to the
occluded and bypassed condition. In comparison with healthy lower-limb ves-
sels, pressure waveforms proximal to the occlusion present a single systolic wave
with earlier peak and without diastolic fluctuations, as a result of the increased
wall stiffness and earlier arrival of the reflected wave. Thanks to the insertion
of the bypass graft, velocity waveforms in the upper leg present a triphasic
contour, similarly to the healthy condition. Distal to the occlusion, waveforms
might present a large pressure drop, probably due to blood leakages through
collateral vessels, energy losses at the anastomoses or viscous dissipation. Lea-
kages induce also reduced mean flows distal to the bypass.
The arterial wall stiffness of bypassed legs, which is described by the pulse
wave velocity (PWV), presents increased values in comparison with healthy
lower-limb arteries. The PWV in bypass grafts is larger than in arteries, espe-
cially in synthetic grafts. The peripheral networks of the leg also suffer from the
pathology: the peripheral resistance is slightly increased while the peripheral
compliance is reduced.
Influence of bypasses
By using numerical models of the hemodynamics, conclusions about the
influence of bypasses on the hemodynamics have been suggested all along this
work.
It is well-known among clinicians that the bypass success is supported by
the diminution of the compliance mismatch between the native arteries and
the bypass graft. In Chapter 5, the wave intensity analysis has shown that the
insertion of a bypass graft of compliance largely different from the compliance
of the patient’s arteries created important new reflections in the leg, harmful for
the cardiovascular system. We have highlighted that the compliance-mismatch
might not systematically result from a too rigid graft vessel. In the clinical
case considered, the compliance of the vessels is particularly large due to the
stiffness of the diseased arteries, and seems to better tolerate a rigid bypass
graft.
In another clinical case, blood leakages through collateral vessels and fistu-
lae in the venous bypass graft have been observed. These should be avoided to
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ensure success of the bypass surgery. This particular observation of hemodyna-
mics can be easily noticed by looking at the wave intensity pattern (a strong
decrease of the intensity of waves towards the distal arteries). Compared with
the observations of pressure and velocity waveforms, WIA allows a quick detec-
tion of this abnormal flow. Flow leakage could also be observed in-vivo using
flowmeters, though this technique presents great imprecisions due to the fixed
size of probes. Furthermore, the observation of leakage is not direct, as the sum
of flows in the deep femoral and popliteal arteries need to be computed.
In this work, no important difference in the hemodynamics has been ob-
served between clinical cases treated with venous bypass or synthetic grafts.
Similarly, no difference were found between the different types of synthetic ma-
terials. As discussed in the next section, we suggest to use 3D modeling to
emphasize these differences observed in clinical practice.
Also, no conclusions could be drawn regarding the outcome of the 25 clinical
cases followed, because most of them have been realized during the last two
years and because detailed hemodynamic data is limited to the last 9 patients.
For most subjects, vessels of the bypassed leg are still patent. Notice that in the
population studied, the criteria of early graft failure did not correlate perfectly
with the effective status of the bypass (occluded or patent).
From pre- to post-operative conditions
In our database of subjects, few patients present measurements before and
after insertion of the bypass graft, i.e. with or without arterial occlusion. Never-
theless, these few results have shown that the surgery effectively modifies the
characterisation of the physiology (the compliance and resistance of periphe-
ral networks, the arterial stiffness). These modifications might result from the
effective variation of the distal network, and also from the variation of the hemo-
dynamic variables used for their computation. Reflections are also influenced
by the insertion of the graft in the arterial network: reflections seem to increase
in amplitude and to arrive earlier with the bypass graft. These few results seem
to indicate that, unlike expected, no significant punctual reflection is generated
by the arterial occlusion before bypass.
7.2 Outlook
In this research, approximations and estimations have been considered in
the mathematical model.
Although the arterial wall behaves as a non-linear viscoelastic material,
we have used a model of linear elasticity. As presented in Reymond et al.
(2009), introducing a non-linear viscoelastic constitutive law for the arterial
wall would induce relatively important variations of pressure and flow in the
peripheral arteries. In Alastruey (2011); Alastruey et al. (2011), the influence
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of the viscoelasticity (Voigt-type viscoelastic vessels) is also noted, and further
models are suggested in Westerhof and Stergiopulos (2005). Two aspects need to
be taken into account concerning the introduction of a viscoelastic law. Firstly,
in atherosclerosed arteries, the viscoelastic behaviour of the wall is not guaran-
teed, as one effect of atherosclerosis is the stiffening of the vessel wall. Also, the
behaviour of synthetic or venous bypasses should be studied in details. Secondly,
within the scope of patient-specific modeling, introducing a more complex law
comes along with the determination of the value of new parameters according to
the patient’s disease or bypass material. Further studies would need to evaluate
if the gain in precision from the improved material law is not compromised by
the uncertainty in the parameter value estimation.
We considered a simple flat velocity profile in the arteries of the numeri-
cal model. A more realistic approach would be to use the Womersley theory
which takes into account the pulsatility of the velocity during the cardiac cycle
(Reymond et al., 2009).
Our model simplifies the modeling of energy losses: we only included the
energy losses from the viscous resistance of flow. Energy losses associated with
secondary flows due to curvature and branching could be introduced in future
works (Steele et al., 2003).
We have shown in the validation process that including leakages might im-
prove numerical results in distal arteries, in some patients. Based on in-vivo
observations, an objective criteria should be defined in order to decide whether
leakages are needed or not for the clinical case analysed.
By considering the linear tapering of vessels, the 1D model can also assess
the relevance of a tapered graft for bypass clinical practice. A tapered graft
could present the advantage to reduce the mismatch in cross-sectional area
between the bypass vessel and the native arteries. It also increases the peak
systolic velocity at the distal anastomosis, which is favorable for the long-term
patency. Even though, the increased velocity at this junction might lead to
important intramural stresses, responsible for the development of intimal hy-
perplasia. The balance between these aspects would need to be further assessed
with three-dimensional studies.
Regarding the wave intensity analysis, further in-vivo studies would need
to be performed in order to verify our hypotheses regarding the WIA observed
pattern (longer and wider waves). Central arteries of diseased patients with
various levels of atherosclerosis should be analysed.
Within the framework of the NHEMO project, further remarks for future
works can be formulated.
The data acquisition protocol is invasive and realized during surgery. While
velocity acquisition can be performed non-invasively using Doppler ultrasound,
the acquisition of pressure is more complex in small and calcified arteries. We
suggest to investigate the use of calibrated diameter waveforms as indirect mea-
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surement of the pressure waves. Arterial diameter can be determined very accu-
rately by ultrasound (Hoeks et al., 1990), and is applicable to the pathological
arteries considered in this work. Nevertheless, this method requires systolic and
diastolic values of pressure for calibration, as well as the knowledge of the rela-
tion between pressure and diameter. While linear or exponential relations have
efficiently been used in the carotid artery (Vermeersch et al., 2008; Meinders
and Hoeks, 2004), this relation in atherosclerosed arteries of lower-limbs would
need to be evaluated beforehand.
Regarding the predictive objective of the NHEMO project, we have shown
in this work that the insertion of the bypass graft modifies the characterisation
of the lower-limb (resistances and compliances of peripheral networks, arterial
rigidity and wave reflections). Furthermore, the inlet velocity is based on a mea-
sured velocity signal in the common femoral artery, and these waveforms also
slightly fluctuate before and after surgery. Therefore, using these pre-operative
data as parameters of a predictive post-operative model would not lead to ac-
curate results. Additional analysis of pre- and post-operative conditions should
be considered in future work in order to clarify these relations. This task could
be facilitated with the use on non-invasive data acquisition.
While the 1D-0D model is simple, efficient, and does not require much pa-
rameters computation, this model presents important limitations regarding the
detailed characterisation of the hemodynamics at different zones of the bypass.
Recirculations at the anastomoses, detailed wall shear stress along the bypass
inner wall, characterisation of different cuffs and patches, streamlines in the by-
pass can only be visualised using 3D models. We therefore suggest to develop
the mathematical and numerical model by using a coupling between 1D-0D
and 3D models. While the distal and proximal anastomoses could be modeled
using 3D geometry, the rest of the leg arterial network would be simulated with
the model described in this work (i.e. similar 0D outlets and inlet boundary
condition). Fluid-structure interaction laws as well as transfer of hemodynamic
variables at the interfaces 3D-1D would then need to be defined.
Finally, while this work has considered the modeling of the arterial hemo-
dynamics, one should keep in mind that other mechanisms and factors inter-
vene in the bypass outcome. The most important one is probably the cellular
adhesion along the endothelium of the vessel walls. Let us mention also the
microstructure of the biomaterial of the graft or the transplant acceptance by
the immune system. In the current model, structures of one-dimensional ves-
sels are only characterised by their diameter and stiffness. Because the cellular
adhesion is an important feature in the bypass outcome, it would be interesting
to take this aspect into account in the characterisation of the materials, or in
the model. Further research could be oriented to the evaluation of the cellular
adhesion as a function of the local hemodynamics.

Appendices

APPENDIX A
Basic laws of hemodynamics
This appendix aims at presenting briefly some basic laws of hemodynamics
used in this work. We refer the reader to Westerhof and Stergiopulos (2005) for
further information about their derivation.
Arterial resistance
The arterial resistance R describes the relation between pressure difference
∆p and flow Q through a blood vessel:
R = ∆p/Q. (A.1)
The resistance of a single vessel can be given by Poiseuille’s law:
R =
8µl
pir4i
(A.2)
where µ is the dynamic blood viscosity, l is the length of the blood vessel and
ri is the internal radius of the vessel.
Two resistances in series result in a total resistance equal to their sum:
Rtotal = R1 +R2. (A.3)
Two resistances in parallel add up in an inverse fashion; the inverses of indivi-
dual resistances (the conductances) add up to equal the parallel conductance:
1
Rtotal
=
1
R1
+
1
R2
. (A.4)
Arterial compliance
Arterial volume compliance quantifies the pressure-volume relation in bio-
logical organs and arterial networks:
C = ∆V/∆p (A.5)
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For biological organs, the relation is generally not straight but convex to the
volume axis. Compliance is not a material parameter but a structural parame-
ter, that can be derived from material properties.
Volume compliance is usually determined from pressure and diameter mea-
surements. Assuming a circular cross-sectional area A = piD2/4, the area com-
pliance is defined as
CA = ∆A/∆p (A.6)
and CA is related to the volume compliance by C = l CA, with l the length of
the vessel.
The diameter compliance quantifies the diameter to the pressure change
CD = ∆D/∆p, (A.7)
and is related to the area compliance by:
CA =
piD
2
CD. (A.8)
Two compliances in series result in a total compliance equal to their sum; while
two compliances in parallel add up in an inverse way (the sum of the inverses
of the individual compliances equals the inverse of the total compliance).
Arterial elasticity
The elastic Young’s modulus E is a material property and is a measure of
the stiffness of the material. Its units are the units of force per area (N/m2),
i.e. (Pa) or (mmHg) in medical units.
From Laplace’s law, one can compute the elastic Young’s modulus on basis
of the assumptions of a homogeneous and isotropic material. The law of Laplace
relates transmural pressure pt with wall stress σ in a cylindrical vessel of radius
ri and thickness h, and can be formulated as
σ =
pt ri
h
. (A.9)
Recalling Hooke’s law E = σ/, with the strain  = ∆r/r, and assuming that
the arterial wall is relatively thin and incompressible, the incremental elastic
modulus can be computed as
E =
r2i
h
∆pt
∆ri
=
D2i
2 h
∆pt
∆Di
, (A.10)
where ∆pt is the change in transmural pressure and ∆ri and ∆Di are the
changes in internal radius and diameter. In practice, the diameter is rather
measured than the radius.
Using the definitions of compliances (Eqs. (A.7) and (A.8)), the elastic mo-
dulus can be written as:
E =
D
h
A
CA
. (A.11)
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Moens-Korteweg equation
The Moens-Korteweg equation relates the wave speed c to the elastic mo-
dulus of the wall material E:
c0(x) =
√
E h
ρD (1− σ2) , (A.12)
with h the wall thickness, D the vessel diameter, ρ the blood density and σ
the Poisson’s ratio. This equation is derived for non-viscous fluid but is a good
approximation for conduit filled with blood.
Bramwell-Hill equation
Also called the Newton-Young, or Frank equation, the Bramwell-Hill equa-
tion is derived from the Moens-Korteweg equation. It relates wave speed c to
the volume compliance C, or area compliance CA:
c =
√
dp
ρ
V
dV
=
√
V
ρ C
=
√
A
ρ CA
. (A.13)

APPENDIX B
In-vivo parameters, waveforms
and results of simulations
This appendix presents the database of in-vivo measurements and simu-
lations of hemodynamics in bypassed lower-limb arteries in the 9 patients
analysed.
The number of the patient, the type of bypass material used and the lo-
cation of the distal anastomosis are displayed in the title. For each patient, a
table summarizes the values of in-vivo measured parameters (length L, diastolic
diameter D0, diastolic pressure p0, mean flow rate Q¯) and computed parame-
ters (pulse wave velocity c, reflection coefficient Rf , peripheral resistance R,
peripheral compliance C, pressure diastolic decay τ) in the four vessels of the
leg (CF: common femoral, DF: deep femoral, BP: bypass, PO: popliteal). Each
table also includes the forward component of velocity uf in the CF used as inlet
boundary condition in the numerical simulation. The first reflection coefficient
refers to the CF bifurcation while the second to the BP distal anastomosis. For
all patients, these parameters are evaluated in the POST condition, i.e. during
surgery, once the bypass is sutured to the native arteries. Notice that, for all
patients the venous pressure pout is set to 20 mmHg. Also, because measure-
ments were not available in the bypass of patient #22, it has not been possible
to compute the BP parameters Rf , c, Q¯. For 4 patients (#21,#23,#24,#25),
these parameters are also evaluated in the PRE condition, i.e. during surgery,
before bypass grafting, once the superficial femoral artery is occluded.
For each patient, a figure labeled “POST observations” presents the com-
parison of pressure p and velocity u between in-vivo measurements and results
from the numerical model, in the POST condition. The third line of the figure
presents the computation of the forward and backward wave intensity dI in the
four vessels, on basis of in-vivo measurements. No comparison with the nume-
rical wave intensity is performed for ease of visualisation.
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For the four patients with in-vivo data in the PRE condition, the measure-
ments of p and u, together with the computation of dI, are also presented in
the figure labeled “PRE observations”. These waveforms only represent in-vivo
data in the three arteries (CF, DF, PO), and are not compared with numerical
simulations.
175
P
at
ie
n
t
14
,
G
o
re
-T
ex
b
y
p
a
ss
(6
m
m
),
B
el
ow
-k
n
ee
A
rt
er
y
C
F
D
F
B
P
P
O
In
le
t
u
f
in
C
F
L
(c
m
)
1
2
5
5
1
u
f
(cm/s)
0
0.
2
0.
4
0.
6
05010
0
 
t (s
)
D
0
(c
m
)
0.
6
0
.4
0
.6
6
0
.2
2
p
0
(m
m
H
g
)
4
9
R
f
/
-0
.3
3
0
.7
2
c
(m
/s
)
8
3
7
5
3
.5
Q¯
(m
l/
s)
12
.3
1
.2
7
9
.7
5
1
.0
3
P
O
S
T
R
(c
m
−
4
g
s−
1
)
-
5
.3
5e
4
-
5
.2
5e
4
C
(c
m
4
g
−
1
s2
)
-
1
.2
6
e−
5
-
1
.9
8
e−
5
τ
(s
)
-
0
.6
7
6
-
1
.0
4
176 Appendix B. In-vivo parameters, waveforms and results of simulations
P
at
ie
n
t
1
4
,
P
O
S
T
o
b
se
rv
a
ti
o
n
s
C
om
m
on
fe
m
or
al
D
ee
p
fe
m
o
ra
l
B
y
p
a
ss
P
o
p
li
te
a
l
p
(mmHg)
0
0.
2
0.
4
0.
6
40608010
0
0
0.
2
0.
4
0.
6
40608010
0
0
0.
2
0.
4
0.
6
40608010
0
0
0.
2
0.
4
0.
6
40608010
0
u
(cm/s)
0
0.
2
0.
4
0.
6
−
20020406080
 
t (s
)
0
0.
2
0.
4
0.
6
05101520
 
t (s
)
0
0.
2
0.
4
0.
6
−
20020406080
 
t (s
)
0
0.
2
0.
4
0.
6
−
20020406080
 
t (s
)
-
-
-
1D
-0
D
n
u
m
er
ic
al
m
o
d
el
—
–
In
-v
iv
o
m
ea
su
re
m
en
ts
dI
(kWm
−2
s
−2
)
0
0.
2
0.
4
0.
6
0
50
0
10
00
 
t (s
)
0
0.
2
0.
4
0.
6
0
10
0
20
0
30
0
 
t (s
)
0
0.
2
0.
4
0.
6
0
10
0
20
0
30
0
 
t (s
)
0
0.
2
0.
4
0.
6
0
10
0
20
0
30
0
 
t (s
)
—
–
In
-v
iv
o
fo
rw
ar
d
co
m
p
o
n
en
t
—
–
In
-v
iv
o
b
a
ck
w
a
rd
co
m
p
o
n
en
t
177
P
at
ie
n
t
15
,
G
o
re
-T
ex
b
y
p
a
ss
(6
m
m
),
B
el
ow
-k
n
ee
A
rt
er
y
C
F
D
F
B
P
P
O
In
le
t
u
f
in
C
F
L
(c
m
)
1.
5
1
5
5
1
.5
u
f
(cm/s)
0
0.
2
0.
4
0.
6
−
200204060
 
t (s
)
D
0
(c
m
)
0.
63
0
.4
1
0
.7
0
.2
p
0
(m
m
H
g
)
4
7
R
f
/
-0
.3
3
0
.7
9
c
(m
/s
)
12
4
.2
2
0
1
4
Q¯
(m
l/
s)
1.
39
1
.5
5
1
.5
0
.6
1
2
P
O
S
T
R
(c
m
−
4
g
s−
1
)
-
5
.6
5e
4
-
1
1
.4
e4
C
(c
m
4
g
−
1
s2
)
-
1
.1
5
e−
5
-
0
.5
7e
−
5
τ
(s
)
-
0
.6
5
-
0
.6
5
178 Appendix B. In-vivo parameters, waveforms and results of simulations
P
at
ie
n
t
1
5
,
P
O
S
T
o
b
se
rv
a
ti
o
n
s
C
om
m
on
fe
m
or
al
D
ee
p
fe
m
o
ra
l
B
y
p
a
ss
P
o
p
li
te
a
l
p
(mmHg)
0
0.
2
0.
4
0.
6
0.
8
40608010
0
12
0
14
0
0
0.
2
0.
4
0.
6
0.
8
40608010
0
12
0
14
0
0
0.
2
0.
4
0.
6
0.
8
40608010
0
12
0
14
0
0
0.
2
0.
4
0.
6
0.
8
40608010
0
12
0
14
0
u
(cm/s)
0
0.
2
0.
4
0.
6
0.
8
−
200204060
 
t (s
)
0
0.
2
0.
4
0.
6
0.
8
−
20020406080
 
t (s
)
0
0.
2
0.
4
0.
6
0.
8
−
200204060
 
t (s
)
0
0.
2
0.
4
0.
6
0.
8
−
200204060
 
t (s
)
-
-
-
1D
-0
D
n
u
m
er
ic
al
m
o
d
el
—
–
In
-v
iv
o
m
ea
su
re
m
en
ts
dI
(kWm
−2
s
−2
)
0
0.
2
0.
4
0.
6
0.
8
0
20
0
40
0
 
t (s
)
0
0.
2
0.
4
0.
6
0.
8
0
50
0
10
00
15
00
 
t (s
)
0
0.
2
0.
4
0.
6
0.
8
−
20
00
20
0
40
0
60
0
 
t (s
)
0
0.
2
0.
4
0.
6
0.
8
0
20
0
40
0
 
t (s
)
—
–
In
-v
iv
o
fo
rw
ar
d
co
m
p
o
n
en
t
—
–
In
-v
iv
o
b
a
ck
w
a
rd
co
m
p
o
n
en
t
179
P
at
ie
n
t
16
,
In
-s
it
u
v
ei
n
b
y
p
a
ss
,
B
el
ow
-k
n
ee
A
rt
er
y
C
F
D
F
B
P
P
O
In
le
t
u
f
in
C
F
L
(c
m
)
1
1
5
1
2
u
f
(cm/s)
0
0.
5
1
01020304050
 
t (s
)
D
0
(c
m
)
0.
81
0
.5
4
0
.3
6
0
.3
1
p
0
(m
m
H
g
)
5
7
R
f
/
0
.6
0
-0
.1
4
c
(m
/s
)
8.
5
4
0
1
1
6
Q¯
(m
l/
s)
6.
38
0
.9
2
1
1
.2
4
2
.0
1
P
O
S
T
R
(c
m
−
4
g
s−
1
)
-
8
.3
2e
4
-
3
.1
3e
4
C
(c
m
4
g
−
1
s2
)
-
1
.5
6
e−
5
-
4
.1
5
e−
5
τ
(s
)
-
1
.3
-
1
.3
180 Appendix B. In-vivo parameters, waveforms and results of simulations
P
at
ie
n
t
1
6
,
P
O
S
T
o
b
se
rv
a
ti
o
n
s
C
om
m
on
fe
m
or
al
D
ee
p
fe
m
o
ra
l
B
y
p
a
ss
P
o
p
li
te
a
l
p
(mmHg)
0
0.
5
1
608010
0
0
0.
5
1
608010
0
0
0.
5
1
608010
0
0
0.
5
1
608010
0
u
(cm/s)
0
0.
5
1
010203040
 
t (s
)
0
0.
5
1
0510
 
t (s
)
0
0.
5
1
0204060
 
t (s
)
0
0.
5
1
0204060
 
t (s
)
-
-
-
1D
-0
D
n
u
m
er
ic
al
m
o
d
el
—
–
In
-v
iv
o
m
ea
su
re
m
en
ts
dI
(kWm
−2
s
−2
)
0
0.
5
1
0
10
0
20
0
 
t (s
)
0
0.
5
1
0204060
 
t (s
)
0
0.
5
1
0
10
0
20
0
 
t (s
)
0
0.
5
1
0
20
0
40
0
 
t (s
)
—
–
In
-v
iv
o
fo
rw
ar
d
co
m
p
o
n
en
t
—
–
In
-v
iv
o
b
a
ck
w
a
rd
co
m
p
o
n
en
t
181
P
at
ie
n
t
19
,
In
-s
it
u
v
ei
n
b
y
p
a
ss
,
A
b
ov
e-
k
n
ee
A
rt
er
y
C
F
D
F
B
P
P
O
In
le
t
u
f
in
C
F
L
(c
m
)
3
1
3
0
1
u
f
(cm/s)
0
0.
5
1
020406080
 
t (s
)
D
0
(c
m
)
0.
61
0
.4
3
0
.4
3
0
.3
8
p
0
(m
m
H
g
)
6
1
R
f
/
0
.3
3
-0
.2
3
c
(m
/s
)
5.
8
8
.9
1
5
7
.2
Q¯
(m
l/
s)
5.
53
1
.1
2
2
.6
3
1
.7
6
P
O
S
T
R
(c
m
−
4
g
s−
1
)
-
7
.5
e4
-
3
.9
3e
4
C
(c
m
4
g
−
1
s2
)
-
1
.5
8
e−
5
-
4
.1
7
e−
5
τ
(s
)
-
1
.1
9
-
1
.6
4
182 Appendix B. In-vivo parameters, waveforms and results of simulations
P
at
ie
n
t
1
9
,
P
O
S
T
o
b
se
rv
a
ti
o
n
s
C
om
m
on
fe
m
or
al
D
ee
p
fe
m
o
ra
l
B
y
p
a
ss
P
o
p
li
te
a
l
p
(mmHg)
0
0.
5
1
608010
0
0
0.
5
1
608010
0
0
0.
5
1
608010
0
0
0.
5
1
608010
0
u
(cm/s)
0
0.
5
1
0204060
 
t (s
)
0
0.
5
1
0204060
 
t (s
)
0
0.
5
1
0204060
 
t (s
)
0
0.
5
1
0204060
 
t (s
)
-
-
-
1D
-0
D
n
u
m
er
ic
al
m
o
d
el
—
–
In
-v
iv
o
m
ea
su
re
m
en
ts
dI
(kWm
−2
s
−2
)
0
0.
5
1
0
20
0
40
0
60
0
 
t (s
)
0
0.
5
1
0
10
0
20
0
30
0
40
0
50
0
 
t (s
)
0
0.
5
1
0
10
0
20
0
30
0
 
t (s
)
0
0.
5
1
0204060
 
t (s
)
—
–
In
-v
iv
o
fo
rw
ar
d
co
m
p
o
n
en
t
—
–
In
-v
iv
o
b
a
ck
w
a
rd
co
m
p
o
n
en
t
183
P
at
ie
n
t
21
,
D
a
cr
o
n
b
y
p
a
ss
(6
m
m
),
A
b
ov
e-
k
n
ee
A
rt
er
y
C
F
D
F
B
P
P
O
L
(c
m
)
3
1
3
4
3
D
0
(c
m
)
0.
56
0
.5
8
0
.5
6
0
.4
3
In
le
t
u
f
in
C
F
p
0
(m
m
H
g
)
4
4
R
f
/
-0
.0
6
-0
.0
6
c
(m
/s
)
5
5
.8
2
4
1
2
.5
u
f
(cm/s)
0
0.
2
0.
4
0.
6
−
20020406080
 
t (s
)
Q¯
(m
l/
s)
2.
77
4
.2
1
.0
5
1
.5
P
O
S
T
R
(c
m
−
4
g
s−
1
)
-
1
.6
9e
4
-
3
.6
e4
C
(c
m
4
g
−
1
s2
)
-
2
.5
3
e−
5
-
1
.1
7
e−
5
τ
(s
)
-
0
.4
2
8
-
0
.4
1
9
c
(m
/s
)
15
3
-
7
Q¯
(m
l/
s)
9.
11
5
.9
4
-
1
.4
8
P
R
E
R
(c
m
−
4
g
s−
1
)
-
1
.3
7e
4
-
8
.1
e4
C
(c
m
4
g
−
1
s2
)
-
6
.8
8
e−
5
-
1
.3
3
e−
5
τ
(s
)
-
0
.9
4
1
-
1
.0
8
184 Appendix B. In-vivo parameters, waveforms and results of simulations
P
at
ie
n
t
2
1
,
P
R
E
o
b
se
rv
a
ti
o
n
s
C
om
m
on
fe
m
or
al
D
ee
p
fe
m
o
ra
l
P
o
p
li
te
a
l
p
(mmHg)
0
0.
2
0.
4
0.
6
5010
0
15
0
0
0.
2
0.
4
0.
6
5060708090
0
0.
2
0.
4
0.
6
5060708090
u
(cm/s)
0
0.
2
0.
4
0.
6
05010
0
 
t (s
)
0
0.
2
0.
4
0.
6
0204060
 
t (s
)
0
0.
2
0.
4
0.
6
05101520
 
t (s
)
—
–
In
-v
iv
o
m
ea
su
re
m
en
ts
dI
(kWm
−2
s
−2
)
0
0.
2
0.
4
0.
6
0
10
00
20
00
 
t (s
)
0
0.
2
0.
4
0.
6
−
5005010
0
15
0
 
t (s
)
0
0.
2
0.
4
0.
6
−
100102030
 
t (s
)
—
–
In
-v
iv
o
fo
rw
ar
d
co
m
p
o
n
en
t
—
–
In
-v
iv
o
b
ac
k
w
a
rd
co
m
p
o
n
en
t
185
P
at
ie
n
t
2
1
,
P
O
S
T
o
b
se
rv
a
ti
o
n
s
C
om
m
on
fe
m
or
al
D
ee
p
fe
m
o
ra
l
B
y
p
a
ss
P
o
p
li
te
a
l
p
(mmHg)
0
0.
2
0.
4
0.
6
2040608010
0
0
0.
2
0.
4
0.
6
2040608010
0
0
0.
2
0.
4
0.
6
2040608010
0
0
0.
2
0.
4
0.
6
2040608010
0
u
(cm/s)
0
0.
2
0.
4
0.
6
−
40
−
20020406080
 
t (s
)
0
0.
2
0.
4
0.
6
−
40
−
20020406080
 
t (s
)
0
0.
2
0.
4
0.
6
−
1001020
 
t (s
)
0
0.
2
0.
4
0.
6
−
2002040
 
t (s
)
-
-
-
1D
-0
D
n
u
m
er
ic
al
m
o
d
el
—
–
In
-v
iv
o
m
ea
su
re
m
en
ts
dI
(kWm
−2
s
−2
)
0
0.
2
0.
4
0.
6
0
20
0
40
0
60
0
 
t (s
)
0
0.
2
0.
4
0.
6
0
50
0
10
00
15
00
20
00
 
t (s
)
0
0.
2
0.
4
0.
6
0
20
0
40
0
60
0
 
t (s
)
0
0.
2
0.
4
0.
6
0
20
0
40
0
60
0
 
t (s
)
—
–
In
-v
iv
o
fo
rw
ar
d
co
m
p
o
n
en
t
—
–
In
-v
iv
o
b
a
ck
w
a
rd
co
m
p
o
n
en
t
186 Appendix B. In-vivo parameters, waveforms and results of simulations
P
at
ie
n
t
22
,
G
o
re
-T
ex
b
y
p
a
ss
(6
m
m
),
A
b
ov
e-
k
n
ee
A
rt
er
y
C
F
D
F
B
P
P
O
In
le
t
u
f
in
C
F
L
(c
m
)
2
3
3
5
2
u
f
(cm/s)
0
0.
2
0.
4
0.
6
05010
0
15
0
20
0
 
t (s
)
D
0
(c
m
)
0.
82
0
.4
2
0
.6
0
.4
6
p
0
(m
m
H
g
)
8
0
R
f
/
-
-
c
(m
/s
)
5
1
4
.9
-
2
4
Q¯
(m
l/
s)
32
.5
0
.9
4
7
-
2
.1
6
P
O
S
T
R
(c
m
−
4
g
s−
1
)
-
1
2
.2
e4
-
5
.2
2
e4
C
(c
m
4
g
−
1
s2
)
-
0
.6
3
7
e−
5
-
1
.4
5e
−
5
τ
(s
)
-
0
.7
7
6
-
0
.7
5
5
187
P
at
ie
n
t
2
2
,
P
O
S
T
o
b
se
rv
a
ti
o
n
s
C
om
m
on
fe
m
or
al
D
ee
p
fe
m
o
ra
l
B
y
p
a
ss
P
o
p
li
te
a
l
p
(mmHg)
0
0.
2
0.
4
0.
6
5010
0
15
0
20
0
0
0.
2
0.
4
0.
6
5010
0
15
0
20
0
0
0.
2
0.
4
0.
6
5010
0
15
0
20
0
 
t (s
)
 P (mmHg)
0
0.
2
0.
4
0.
6
5010
0
15
0
20
0
u
(cm/s)
0
0.
2
0.
4
0.
6
05010
0
15
0
20
0
 
t (s
)
0
0.
2
0.
4
0.
6
−
20020406080
 
t (s
)
0
0.
2
0.
4
0.
6
−
10010203040
 
t (s
)
 U (cm/s)
0
0.
2
0.
4
0.
6
0204060
 
t (s
)
-
-
-
1D
-0
D
n
u
m
er
ic
al
m
o
d
el
—
–
In
-v
iv
o
m
ea
su
re
m
en
ts
dI
(kWm
−2
s
−2
)
0
0.
2
0.
4
0.
6
−
10
000
10
00
20
00
30
00
 
t (s
)
0
0.
2
0.
4
0.
6
−
20
00
20
0
40
0
60
0
 
t (s
)
0
0.
2
0.
4
0.
6
−
10
00
10
0
20
0
30
0
 
t (s
)
—
–
In
-v
iv
o
fo
rw
ar
d
co
m
p
o
n
en
t
—
–
In
-v
iv
o
b
a
ck
w
a
rd
co
m
p
o
n
en
t
188 Appendix B. In-vivo parameters, waveforms and results of simulations
P
at
ie
n
t
23
,
G
o
re
-T
ex
b
y
p
a
ss
(6
m
m
),
A
b
ov
e-
k
n
ee
A
rt
er
y
C
F
D
F
B
P
P
O
L
(c
m
)
1.
5
3
3
4
2
D
0
(c
m
)
0.
68
0
.5
5
0
.6
0
.5
5
In
le
t
u
f
in
C
F
p
0
(m
m
H
g
)
5
9
R
f
/
-0
.0
9
4
0
.3
0
c
(m
/s
)
19
2
2
2
3
3
6
u
f
(cm/s)
0
0.
5
1
0204060
 
t (s
)
Q¯
(m
l/
s)
3.
94
1
.5
3
1
.7
7
2
.2
1
P
O
S
T
R
(c
m
−
4
g
s−
1
)
-
4
.6
1e
4
-
4
.5
5e
4
C
(c
m
4
g
−
1
s2
)
-
2
.5
6
e−
5
-
2
.5
e−
5
τ
(s
)
-
1
.1
8
-
1
.1
4
c
(m
/s
)
23
3
4
-
1
2
Q¯
(m
l/
s)
3.
91
3
.3
1
-
1
.9
2
P
R
E
R
(c
m
−
4
g
s−
1
)
-
2
.8
5e
4
-
2
.0
8e
4
C
(c
m
4
g
−
1
s2
)
-
3
.7
4
e−
5
-
7
.3
9
e−
5
τ
(s
)
-
1
.0
7
-
1
.5
4
189
P
at
ie
n
t
2
3
,
P
R
E
o
b
se
rv
a
ti
o
n
s
C
om
m
on
fe
m
or
al
D
ee
p
fe
m
o
ra
l
P
o
p
li
te
a
l
p
(mmHg)
0
0.
5
1
5010
0
15
0
0
0.
5
1
5010
0
15
0
0
0.
5
1
4045505560
u
(cm/s)
0
0.
5
1
0204060
 
t (s
)
0
0.
5
1
010203040
 
t (s
)
0
0.
5
1
05101520
 
t (s
)
—
–
In
-v
iv
o
m
ea
su
re
m
en
ts
dI
(kWm
−2
s
−2
)
0
0.
5
1
−
20
00
20
0
40
0
60
0
0
0.
5
1
−
10
00
10
0
20
0
30
0
0
0.
5
1
−
5051015
—
–
In
-v
iv
o
fo
rw
ar
d
co
m
p
o
n
en
t
—
–
In
-v
iv
o
b
ac
k
w
a
rd
co
m
p
o
n
en
t
190 Appendix B. In-vivo parameters, waveforms and results of simulations
P
at
ie
n
t
2
3
,
P
O
S
T
o
b
se
rv
a
ti
o
n
s
C
om
m
on
fe
m
or
al
D
ee
p
fe
m
o
ra
l
B
y
p
a
ss
P
o
p
li
te
a
l
p
(mmHg)
0
0.
5
1
5010
0
15
0
0
0.
5
1
5010
0
15
0
0
0.
5
1
5010
0
15
0
0
0.
5
1
5010
0
15
0
20
0
u
(cm/s)
0
0.
5
1
0204060
 
t (s
)
0
0.
5
1
010203040
 
t (s
)
0
0.
5
1
010203040
 
t (s
)
0
0.
5
1
0102030
 
t (s
)
-
-
-
1D
-0
D
n
u
m
er
ic
al
m
o
d
el
—
–
In
-v
iv
o
m
ea
su
re
m
en
ts
dI
(kWm
−2
s
−2
)
0
0.
5
1
0
20
0
40
0
 
t (s
)
0
0.
5
1
02040
 
t (s
)
0
0.
5
1
0
20
0
40
0
 
t (s
)
0
0.
5
1
0
20
0
40
0
 
t (s
)
—
–
In
-v
iv
o
fo
rw
ar
d
co
m
p
o
n
en
t
—
–
In
-v
iv
o
b
a
ck
w
a
rd
co
m
p
o
n
en
t
191
P
at
ie
n
t
24
,
D
a
cr
o
n
b
y
p
a
ss
(6
m
m
),
B
el
ow
-k
n
ee
A
rt
er
y
C
F
D
F
B
P
P
O
L
(c
m
)
2
3
4
2
5
D
0
(c
m
)
0.
71
0
.3
3
0
.5
5
0
.4
5
In
le
t
u
f
in
C
F
p
0
(m
m
H
g
)
5
0
R
f
/
0
.4
6
0
.1
4
c
(m
/s
)
7.
9
9
.8
2
5
2
2
u
f
(cm/s)
0
0.
5
1
05010
0
 
t (s
)
Q¯
(m
l/
s)
10
.9
1
.1
8
1
.5
3
1
.4
2
P
O
S
T
R
(c
m
−
4
g
s−
1
)
-
5
.8
1e
4
-
2
.6
1
e4
C
(c
m
4
g
−
1
s2
)
-
2
.4
e−
5
-
4
.7
e−
5
τ
(s
)
-
1
.3
9
-
1
.2
3
c
(m
/s
)
10
.5
8
-
4
.2
Q¯
(m
l/
s)
5.
64
1
.6
-
2
.6
P
R
E
R
(c
m
−
4
g
s−
1
)
-
3
.4
e4
-
0
.4
1
5
e4
C
(c
m
4
g
−
1
s2
)
-
4
.0
2
e−
5
-
3
7e
−
5
τ
(s
)
-
1
.3
7
-
1
.5
4
192 Appendix B. In-vivo parameters, waveforms and results of simulations
P
at
ie
n
t
2
4
,
P
R
E
o
b
se
rv
a
ti
o
n
s
C
om
m
on
fe
m
or
al
D
ee
p
fe
m
o
ra
l
P
o
p
li
te
a
l
p
(mmHg)
0
0.
5
1
1.
5
40608010
0
12
0
0
0.
5
1
1.
5
40608010
0
12
0
0
0.
5
1
1.
5
26283032
u
(cm/s)
0
0.
5
1
1.
5
020406080
 
t (s
)
0
0.
5
1
1.
5
05010
0
 
t (s
)
0
0.
5
1
1.
5
10152025
 
t (s
)
—
–
In
-v
iv
o
m
ea
su
re
m
en
ts
dI
(kWm
−2
s
−2
)
0
0.
5
1
1.
5
−
20
00
20
0
40
0
60
0
 
t (s
)
0
0.
5
1
1.
5
−
20
00
20
0
40
0
60
0
 
t (s
)
0
0.
5
1
1.
5
−
10123
 
t (s
)
—
–
In
-v
iv
o
fo
rw
ar
d
co
m
p
o
n
en
t
—
–
In
-v
iv
o
b
ac
k
w
a
rd
co
m
p
o
n
en
t
193
P
at
ie
n
t
2
4
,
P
O
S
T
o
b
se
rv
a
ti
o
n
s
C
om
m
on
fe
m
or
al
D
ee
p
fe
m
o
ra
l
B
y
p
a
ss
P
o
p
li
te
a
l
p
(mmHg)
0
0.
5
1
5010
0
15
0
0
0.
5
1
5010
0
15
0
0
0.
5
1
5010
0
15
0
0
0.
5
1
5010
0
15
0
u
(cm/s)
0
0.
5
1
05010
0
 
t (s
)
0
0.
5
1
05010
0
 
t (s
)
0
0.
5
1
02040
 
t (s
)
0
0.
5
1
0204060
 
t (s
)
-
-
-
1D
-0
D
n
u
m
er
ic
al
m
o
d
el
—
–
In
-v
iv
o
m
ea
su
re
m
en
ts
dI
(kWm
−2
s
−2
)
0
0.
5
1
0
50
0
10
00
 
t (s
)
0
0.
5
1
−
20
00
20
0
40
0
60
0
 
t (s
)
0
0.
5
1
−
5005010
0
15
0
 
t (s
)
0
0.
5
1
−
5005010
0
15
0
 
t (s
)
—
–
In
-v
iv
o
fo
rw
ar
d
co
m
p
o
n
en
t
—
–
In
-v
iv
o
b
a
ck
w
a
rd
co
m
p
o
n
en
t
194 Appendix B. In-vivo parameters, waveforms and results of simulations
P
at
ie
n
t
25
,
G
o
re
-T
ex
b
y
p
a
ss
(6
m
m
),
A
b
ov
e-
k
n
ee
A
rt
er
y
C
F
D
F
B
P
P
O
L
(c
m
)
3
3
4
2
3
D
0
(c
m
)
0.
83
0
.5
0
.6
0
.5
3
In
le
t
u
f
in
C
F
p
0
(m
m
H
g
)
5
8
R
f
/
0
.3
5
-0
.0
5
c
(m
/s
)
5
9
.7
9
6
.4
u
f
(cm/s)
0
0.
5
1
05010
0
 
t (s
)
Q¯
(m
l/
s)
15
.5
1
.9
5
5
.5
7
6
.0
1
P
O
S
T
R
(c
m
−
4
g
s−
1
)
-
3
.5
4e
4
-
0
.7
3
6e
4
C
(c
m
4
g
−
1
s2
)
-
4
.1
6
e−
5
-
2
4
.3
e−
5
τ
(s
)
-
1
.4
7
-
1
.7
9
c
(m
/s
)
7.
7
1
0
-
4
.2
Q¯
(m
l/
s)
11
.1
2
.9
3
-
4
.7
1
P
R
E
R
(c
m
−
4
g
s−
1
)
-
1
.8
6e
4
-
0
.6
6e
4
C
(c
m
4
g
−
1
s2
)
-
7
.9
1
e−
5
-
3
8
.4
e−
5
τ
(s
)
-
1
.4
7
-
2
.5
3
195
P
at
ie
n
t
2
5
,
P
R
E
o
b
se
rv
a
ti
o
n
s
C
om
m
on
fe
m
or
al
D
ee
p
fe
m
o
ra
l
P
o
p
li
te
a
l
p
(mmHg)
0
0.
5
1
40608010
0
0
0.
5
1
40608010
0
0
0.
5
1
30405060
u
(cm/s)
0
0.
5
1
−
20020406080
 
t (s
)
0
0.
5
1
−
20020406080
 
t (s
)
0
0.
5
1
−
10010203040
 
t (s
)
—
–
In
-v
iv
o
m
ea
su
re
m
en
ts
dI
(kWm
−2
s
−2
)
0
0.
5
1
0
10
0
20
0
30
0
 
t (s
)
0
0.
5
1
05010
0
15
0
20
0
 
t (s
)
0
0.
5
1
0510
 
t (s
)
—
–
In
-v
iv
o
fo
rw
ar
d
co
m
p
o
n
en
t
—
–
In
-v
iv
o
b
ac
k
w
a
rd
co
m
p
o
n
en
t
196 Appendix B. In-vivo parameters, waveforms and results of simulations
P
at
ie
n
t
2
5
,
P
O
S
T
o
b
se
rv
a
ti
o
n
s
C
om
m
on
fe
m
or
al
D
ee
p
fe
m
o
ra
l
B
y
p
a
ss
P
o
p
li
te
a
l
p
(mmHg)
0
0.
5
1
40608010
0
12
0
0
0.
5
1
40608010
0
12
0
0
0.
5
1
40608010
0
12
0
0
0.
5
1
40608010
0
12
0
u
(cm/s)
0
0.
5
1
05010
0
 
t (s
)
0
0.
5
1
05010
0
 
t (s
)
0
0.
5
1
05010
0
 
t (s
)
0
0.
5
1
05010
0
 
t (s
)
-
-
-
1D
-0
D
n
u
m
er
ic
al
m
o
d
el
—
–
In
-v
iv
o
m
ea
su
re
m
en
ts
dI
(kWm
−2
s
−2
)
0
0.
5
1
0
20
0
40
0
60
0
 
t (s
)
0
0.
5
1
05010
0
15
0
20
0
 
t (s
)
0
0.
5
1
05010
0
15
0
20
0
 
t (s
)
0
0.
5
1
0102030
 
t (s
)
—
–
In
-v
iv
o
fo
rw
ar
d
co
m
p
o
n
en
t
—
–
In
-v
iv
o
b
a
ck
w
a
rd
co
m
p
o
n
en
t
APPENDIX C
Additional results
of the sensitivity analysis
This appendix presents additional plots relative to the sensitivity analysis
of Chapter 4. As a reminder, one figure represents the mean relative sensitivity
indexes (I¯i,k) for one output as a function of different inputs.
The 9 outputs considered are
– the root-mean-square error of pressure (˜p) and velocity (˜u),
– the pulse pressure (PP ),
– the slope of the systolic increase (p˙),
– the peak systolic velocity (PSV ),
– the end diastolic velocity (EDV ),
– the velocity at one third of diastole (u∗),
– the time of the systolic peak (t(PSV )),
– the mean flow rate over a cardiac cycle (Q¯).
The input variables taken into account in this analysis are:
– the length of the bypass (LBP ),
– the vessel diameter (D),
– the pulse wave velocity in a vessel (c),
– the resistance of the windkessel model (R),
– the compliance of the windkessel model (C),
– the diastolic pressure (p0).
We also study the sensitivity of the outputs to the diameter and PWV from
the four vessels (DCF , DDF , DBP , DPO, cCF , cDF , cBP , cPO), as well as to
the resistance and compliance from the DF and PO windkessel models (RDF ,
RPO, CDF , CPO).
All bar plots presented in this appendix refer to pressure, velocity or flow in
the four vessels of the leg: the common femoral artery (CF), the deep femoral
artery (DF), the bypass (BP) or the popliteal artery (PO).
Additional plots for subject#23 are shown, followed by results of subject#15.
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Results from subject #23
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Figure C.1 – Mean relative sensitivity index I¯i,k of the outputs p˙, PSV , u
∗ and
t(PSV ) as a function of the 6 input variables (LBP , D, c, R, C and p0) in the
four leg vessels (subject #23).
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Figure C.2 – Mean relative sensitivity index I¯i,k of the outputs ˜p (1
st line), p˙
(2nd line) and t(PSV ) (3rd line) as a function of the inputs D (1st column),
c (2nd column), R and C (3rd column) of the different arteries (subject #23).
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Figure C.3 – Mean relative sensitivity index I¯i,k of the outputs PSV (1
st line),
EDV (2nd line) and u∗ (3rd line) as a function of the inputs D (1st column),
c (2nd column), R and C (3rd column) of the different arteries (subject #23).
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Results from subject #15
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Figure C.4 – Mean relative sensitivity index I¯i,k of the 9 outputs as a function
of the 6 input variables (LBP , D, c, R, C and p0) in the four leg vessels (subject
#15).
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Figure C.5 – Mean relative sensitivity index I¯i,k of the outputs PP (1
st line),
˜u (2
nd line) and Q¯ (3rd line) as a function of the inputs D (1st column), c (2nd
column), R and C (3rd column) of the different arteries (subject #15).
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Figure C.6 – Mean relative sensitivity index I¯i,k of the outputs ˜p (1
st line), p˙
(2nd line) and t(PSV ) (3rd line) as a function of the inputs D (1st column),
c (2nd column), R and C (3rd column) of the different arteries (subject #15).
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Figure C.7 – Mean relative sensitivity index I¯i,k of the outputs PSV (1
st line),
EDV (2nd line) and u∗ (3rd line) as a function of the inputs D (1st column),
c (2nd column), R and C (3rd column) of the different arteries (subject #15).
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